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ABSTRACT
DESIGN OF A TRANSTIBIAL PROSTHESIS UTILIZING ACTIVE AND
PASSIVE COMPONENTS IN CONJUNCTION WITH A FOUR-BAR
MECHANISM
Bryan J. Bergelin, B.S.
Marquette University, 2010
This thesis outlines the design and testing of a powered ankle prosthesis
which utilizes a four-bar mechanism in conjunction with a spiral torsion spring and
a servo motor that mimics non-amputee (normal) ankle moments during the stance
phase of gait. Previous research has shown that this novel approach is feasible, but
the proof-of-concept prototype was not designed to be able to be worn by an amputee
due to size, strength and mobility limitations.
The goal of this research was to redesign the transtibial prosthesis to fit the
requirements of the targeted amputee population. A preliminary virtual prosthesis
was designed using a computer-aided engineering (CAE) program; it was then
subjected to a dynamic motion simulation (equivalent to the bench testing standards)
where reaction forces between components were recorded. A finite element analysis
(FEA) was then performed on crucial components to ensure safety, aid in material
selection, and reduce weight. With a thorough FEA complete, components of the
prosthesis were machined, and then the prosthesis was constructed and bench tested
for the foot-flat through toe-off portion of gait (stance phase). A prosthesis was
designed, optimized, fabricated, and tested with the purpose of demonstrating its
ability to match crucial ankle moments during the stance phase of gait.
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1CHAPTER 1
Introduction
1.1 Motivation
Non amputees cannot truly understand what it is like to lose a limb,
especially one that is used often in everyday living. An amputation of the lower
limb greatly reduces/inhibits one’s ability to pursue physical activities once enjoyed;
walking even becomes more difficult and cumbersome. The motivation for this
research is to enable transtibial amputees to return to the lifestyle they had prior to
amputation (i.e., go for walks, run, play sports, engage in activities lost due to the
amputation, etc.).
1.2 The Transtibial Amputation
There are nearly 40,000 transtibial amputations performed annually in the
United States [1]. Transtibial amputation is the most frequently performed major
limb amputation in the United States, United Kingdom, and Australia. The three
major reasons for transtibial amputation are 94.5% from dysvascular (a diabetic
complication), 5.0% trauma-related, and 0.5% cancer-related; other causes included
septic neuroarthropathy, spina bifida, tumor and neurofibromatosis.
1.2.1 What The Foot Does
For engineers and prosthetists, the major challenge is replacing the foot and
ankle. One typically thinks of the ankle as pushing down and pulling up, but its
major roles are accommodation (repositioning the foot), shock absorption and
motion [2]. The foot adjusts to uneven and different types of surfaces. The foot is
never locked into a single mode; it adjusts and adapts. When walking, the foot is, at
first, soft and conforms to the shape of the surface beneath it, and as the foot
touches the surface, it absorbs the shock of impact and assumes the shape needed to
2be stable as weight is accepted. In more anatomically correct terms, the plantar
musculature is continually locking and relaxing causing the tarsal bones to link
together to form a base which is alternatingly compliant (“soft”) and rigid (“solid”).
Once a person’s weight is over the foot, it begins to become solid so that the calf
muscles can push against it. At the end of the step, the foot provides a solid lever
arm to magnify the forces of the calf muscles. Healthy feet and ankles are capable of
doing these functions thousands of times a day.
1.2.2 Challenges of Transtibial Amputees
Without a foot and ankle, one loses the feeling, sense of positioning, and
shock absorption that they provide. Feet give instantaneous feedback about the
surface walked on. Partial foot amputation preserves a small bit of this ability, but
all of it is lost with a transtibial amputation. Current prosthetic feet generally can
be designed to be soft and accommodating or firm and spring-like, but not both [2].
A prosthetic foot that is soft and accommodating usually remains that way; while a
prosthetic foot that is made to provide the firm foundation needed for push-off
(having a more spring-like propulsion) is often too stiff for less vigorous uses.
Experiments and analyses have made evident the following challenges for
transtibial amputees: [3–9]
1. Though a normal cadence is maintained, a shorter stride length (distance
between consecutive steps) is observed. With the same number of steps per
minute, less distance is covered; this causes amputees to walk at a speed
60%-70% of a non-amputee.
2. Amputees expend 20%-30% more energy than that of a non-amputee.
3. Power, usually generated between heel-off and toe-off, is significantly reduced.
4. Stable weight acceptance during foot-flat is not achieved. This has been made
evident through electromyography (EMG) studies. Researchers also have
noticed an excessive and counterproductive “over-activity” in amputee
quadricep and hamstring muscles; this shows signs of a lack of balance and a
possible reason for Item (1) above.
Studies have shown that the lack of weightbearing stability plays a part in
below-the-knee amputees taking shorter stride lengths and expending more energy
3than normal [4]. When the foot-flat stage is late, the instability can cause the
wearer to compensate by taking shorter steps. Also, the time in heel-only support
(unstable) causes the body to stiffen certain opposing muscles in the leg
unproductively, thus increasing the metabolic cost of walking [10].
1.3 Winter’s Data Set
The standard benchmark to which most (if not all) lower limb prostheses are
tested against is the data presented in David Winter’s book The Biomechanics and
Motor Control of Human Gait [11–13]. Winter’s data set (WDS) includes joint
kinematics which include linear and angular displacements, velocities, and
accelerations (in the sagittal plane) for one gait cycle. These values were obtained
by placing reflective spheres at distinct locations on his subjects, and by using
infrared cameras, the kinematic data were recorded. WDS also includes joint
reaction forces and moments obtained through the use of force plates and force
transducers mounted in the floor of the gait lab along with an appropriate dynamic
model. All of the kinetic data presented in the book’s appendix is normalized to the
kilogram; this means that these values are scalable to a person’s mass.
Like others in the field, the research performed for this thesis was derived
from and compared to WDS. The ankle angles, velocities, and moments were used
to design the prosthesis, and the vertical reaction force data was used for
comparison. For this work, the data were sequentially numbered 0 → 50, where 0
corresponds to 0% of stride and 50 corresponding to 100% stride (data indicated by
subscript i, were i = 0,1,2,3,...). This was taken from the appendix of the second
edition of Winter’s book [12]. The data used in this thesis refers to that of the
“normal cadence” values. Normal cadence is defined as having a walking speed of ∼
1.3 m
s
(∼ 2.91 mph) with a gait-cycle of 1.134 seconds. When restoring “normal
gait” is discussed throughout this thesis, it refers to the matching/mimicking of
crucial ankle moments listed in WDS for normal cadence.
41.4 Problem Statement
While lower-limb prostheses have been around for centuries, prosthetists and
engineers have not yet met the challenge of creating a prosthetic foot-ankle that is
capable of mimicking that of a non-amputee (allow the amputee to walk with
normal gait). The research outlined in this thesis does not fully develop a
transtibial prosthesis; it focuses on the mechanical design and performance of an
artificial foot-ankle for the stance phase of gait (6-60% of stride). More work will
need to be performed on the controls aspect of the prosthesis before it can undergo
human testing.
1.4.1 Design Paradigm
Based on results from previous studies on foot-ankle prostheses, today’s
devices cannot fully provide the ability to walk with normal gait. The most
prominent approach to solve this problem is to match ankle stiffness. A different
approach is to match known normal ankle moments using a powered mechanism.
Mathematical optimizations have been used to design a preliminary apparatus (with
a four-bar mechanism) that could model the moment curve of one gait cycle [14]
(Figure 1.1, data from WDS [12]).
A proof-of-concept prototype prosthesis has previously been designed,
optimized, fabricated, and tested with the purpose of demonstrating its ability to
match the crucial ankle moments during the stance phase of gait (Figure 1.2).
Testing of this preliminary prosthesis proved crucial in determining the prosthesis’
capabilities. This prosthesis prototype (further discussed in Chapter 3) has proven
its ability to closely match the theoretical (WDS) vertical reaction forces (Figure
1.3), and therefore ankle moments. However, it was not designed to be portable, fit
the size or weight envelope of the human leg, or be strong enough to be worn on a
daily basis by the average transtibial amputee.
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Figure 1.1: Moment versus gait cycle with ±1 standard deviation through consecutive
heel strikes of the same foot.
Figure 1.2: The normal gait cycle (Adapted from [15] and used with permission from [16]).
1.4.2 Goal of this Research
Building off of the work performed on the preliminary prototype, the goal of
this research was to create a transtibial prosthesis that achieves a greater range of
motion and would be able to be tested safely on human subjects. Components were
designed and carefully chosen to have the strength, weight, and performance
characteristics necessary to provide and withstand the forces required for
ambulation. This thesis primarily focuses on the structural design and testing of the
prosthesis; the control algorithms for an entire gait cycle are not developed in this
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Figure 1.3: Theoretical Vertical Reaction Force for 6-60% of Stride.
research.
Chapter 2 details some of the shortcomings of current passive prostheses, as
well as describes other research groups’ designs of transtibial active/passive
prostheses. Chapter 3 gives an overview of the prototype which is the basis of this
work. Preliminary analyses and the target population are discussed in Chapter 4.
Chapter 5 elucidates the reasons why particular components were selected for use in
the prosthesis. Chapter 6 takes one through the steps implemented in the design
process of the mechanisms links (preliminary design, dynamic analysis, finite
element analyses, etc.). The MSOE bench testing process and implications are
presented in Chapter 7, and final conclusions are made in Chapter 8. Future work
and design considerations are outlined in Chapter 9.
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Literature Review
Studies have provided gait analyses of transtibial amputees using common
prosthetic feet [4, 13, 17]; the results show the necessity for better artificial ankle
moments and an increased range of motion. While some prosthetic feet seem to
perform better than others, they all fall short of amply mimicking normal ankle
behavior [17–22].
One of the more complex issues in prosthetic design is mimicking the
nonlinear stiffness of the ankle throughout the stance phase [12]. Many of the
current prosthetic feet recreate this stiffness by using solely passive elements -
spring(s) and damper(s). Although a combination of materials research and creative
designs have improved passive element prostheses [20–25], greater success lies ahead
for the prosthesis that utilizes active elements which would rival the efficacy of the
human ankle. The main issues confronting such an approach are the size and weight
of components directly actuating the ankle joint [26].
2.1 Passive Prostheses
The vast majority of current prostheses utilize passive elements that
incorporate spring(s) and damper(s) in various forms and configurations. However,
analyses of amputee gait show that no current commercially available prosthesis is
able to restore normal gait to a transtibial (below-the-knee) amputee [19–22]. Since
the human ankle produces more energy than it absorbs, active components are
necessary to allow for a closer imitation of normal gait [24].
Specific shortfalls of current passive prostheses point to the need for better
shock absorption, weight-bearing stability, and progression [3, 4, 27, 28] (all aspects
of the stance phase). The idea of shock absorption in gait is relatively simple.
Walking involves a bit of falling forward just to be caught by the next foot step.
8Figure 2.1: Several Flex-Foot carbon fiber transtibial prostheses ranging from low to high
activity levels.
Though the knee plays a major role in shock absorption, a prosthesis that “jostles”
the wearer does not inspire long-term comfort for the wearer or health of the knee.
While too little absorption is uncomfortably “jarring”, too much absorption may
allow the body to sink lower with the prosthetic step than with the other foot.
Many of these passive prostheses use carbon fiber foot-plates in various
configurations (Figure 2.1) to achieve the desired activity level that an individual
may request. There are many variations of these particular designs, but none of
them are capable of restoring a truly normal gait to an amputee. The O¨ssur Proprio
Foot is a foot-ankle that begins to take prosthesis research in the right direction.
9O¨ssur Proprio Foot
One transtibial prosthesis that is becoming more popular is the O¨ssur
Proprio Foot (Figure 2.2). Although this prosthesis utilizes active components, it is
still considered passive because it does not provide any extra “push-off” force
during gait. The active components are used to position the ankle angle depending
of the wearer’s walking patterns. The Proprio Foot is able to be used with
transtibial amputees engaging in low to moderate impact activities. It is not
suitable for sport and high-impact activities [29].
The Proprio’s accelerometer technology measures real-time motion at a rate
of 1600 Hz [30]. As it tracks the path of the ankle, it times gait characteristics and
events (including heel-strike and toe-off). For each stride, the device constructs its
“path” by continuously analyzing horizontal and vertical movement, “tracing” the
foot as it moves. This trace varies according to the terrain, so gait pattern
recognition algorithms in the foot detect and identify when a user is walking on flat
or sloped surfaces, up or down stairs, etc.
Figure 2.2: O¨ssur Proprio Foot and battery pack [30]
The Proprio Foot “thinks” for itself, and responds to changes in terrain by
incrementally adjusting its approach to stairs and slopes. As fast as it is measured,
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the data recorded are fed into the “brain” of the device, a specialized (registered)
form of artificial intelligence called Terrain Logic (TL). With motion analysis
sensors, TL helps provide the most appropriate response for the next step. As
toe-off is detected, it directs a “toe lift” in order to clear the ground. When an
inclined surface is sensed, it directs an ankle flexion proportional to the slope.
Learning from the user’s previous stride, ankle movement parameters are adapted
for the next step. The controls that interact with the TL instruct a high precision
linear actuator to deliver optimal function - dorsiflexion (toe lift) in swing phase;
ankle angle adjustment on varying terrain, in chair exit mode (dorsiflexion) and
relaxed mode (plantarflexion); and heel height adjustment when changing shoes.
Because the Proprio Foot introduces controlled and actuated components in
its architecture, it begins to run into similar size and weight
limitations/constrictions realized while the prosthesis developed in this thesis was
designed and fabricated. Some of the physical specifications and performance
characteristics of the Proprio Foot are listed below [29, 30]:
• Total prosthesis height: 180-230 mm
• Acceptable amputee weight range: 45-116 kg
• Angular dorsiflexion range: 0-10◦
• Angular plantarflexion range: 0-18◦
• Foot category capabilities: 1-7 (slow to normal cadence foot plate
compatibility)
• Weight: 1.24 kg
• Heel height adjustment: 0-50 mm
• Impact levels: Low and Moderate
Although this seems to be one of the better passive prostheses, there are
several distinct downfalls to this device. If an individual encounters steep inclines or
declines (above 20◦), the ankle may trigger the stair response resulting in
unexpected foot alignment. Unidentified movements may cause unexpected ankle
alignments in the prosthesis resulting in instability or over/lack of response [29, 30].
When driving a vehicle, the Proprio Foot must be disabled. Even though data are
11
Figure 2.3: O¨ssur Proprio Foot Keypad/Controls [29].
captured in real-time, adaptation begins on the second step and makes small
changes until it reaches the desired motion profile; this may cause problems when
encountering changing terrain. For this reason, O¨ssur states that it is best to lead
with the leg fitted with the prosthesis when stairs or inclines are encountered. One
of the most cumbersome tasks of using this prosthesis is switching between its
modes. The following sequence is an example of the prosthesis’ mode switching: To
enable the “Relax Mode”, one must hold the “down” button down and press the
“up” button five times. (The system confirms with two beeps and vibrations.) To
disable the “Relax Mode” and enable the “Chair Exit Mode” only, hold the “down”
button down and press the “up” button five times. (The system confirms with three
beeps and vibrations.) To disable the “Relax Mode” and “Chair Exit Mode” one
must hold the “down” button down and press the “up” button five times. (The
system confirms with a single beep and vibration.) [29] This is all done while
bending over to access the keypad (Figure 2.3) located on the front of the
prosthesis. The major downfall to this prosthesis (like all other passive prostheses)
is that it provides no extra energy towards propulsion and stability.
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2.2 Other Active/Passive (Powered) Prostheses
Different research groups are in various stages of research and development of
active below the knee prostheses. As first introduced by Hollander et al. [31] and
followed in other subsequent publications [32–36], the SPARKy project utilizes
springs in conjunction with a lever arm driven by a ball screw. Another competing
design is one introduced by Au et al. [37]; the iWALK (as it is commonly called)
also uses a motor driving a ball screw to add energy into the system, but without
the use of a lever arm. This design has been tested on amputees with some
success [26, 37, 38]. A notable trans-femoral design which actuates the knee as well
as the ankle was introduced by Sup et al. [39, 40].
2.2.1 SPARKy
The SPARKy prosthesis, short for Spring Ankle with Regenerative Kinetics,
(headed by Thomas Sugar at Arizona State University) is a foot-ankle prosthesis
designed for transtibial amputees, particularly those injured serving in the military
who wish to be able to return to active duty [33]. There have been three iterations
of this prosthesis thus far (SPARKy 1, SPARKy 2, and SPARKy 3), each one step
closer towards providing a commercially available unit. The SPARKy 1 and
SPARKy 2 projects utilize springs in conjunction with a lever arm driven by a ball
screw named Robotic Tendon. This Robotic Tendon is a small and lightweight
actuator used to adjust the position of the helical springs via a DC motor [34]
(Figure 2.4 (b)).
“As the ankle rotates over the foot during stance phase, a lever attached to
the foot pulls on the distal end of the spring. By correctly positioning the motor,
which pulls on the proximal end of the spring, a desired spring deflection is obtained
to store energy. The spring releases its stored energy to provide most of the peak
power required during push off. The robotic ankle consists of a spring keel for the
foot; a lever arm attached to the keel; a pylon attached to the lever arm via a
revolute joint; and a spring series Robotic Tendon between the pylon and the lever
arm.” -Holgate et al. [34].
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(a) (b)
Figure 2.4: a) SPARKy 3 CAD Model b) SPARKy 2 Prototype [33]. Images used with
permission ( c©[2008] IEEE).
The third iteration, SPARKy 3 (Figure 2.4 (a)), provides a second degree of
freedom perpendicular to the sagittal plane (plane that travels vertically from the
top to the bottom of the body, dividing it into left and right portions). SPARKy 3’s
original objectives were to achieve running and jumping, therefore, an additional
DC motor was introduced to increase power capacity (it now operates on two
Maxon EC Powermax 30 motors). The second motor also allows for an additional
degree of freedom (rotation in the coronal plane). By running both motors in
unison, they acquire the power necessary for running, but by controlling each motor
individually they are able to power the rotational degree of freedom [33]. The major
downfalls to this design are that it has a rather large working envelope (the amount
of space that it needs to operate) and its complex phase-plane control algorithms.
2.2.2 iWALK Power Foot One/MIT Powered Ankle-Foot Prosthesis
The MIT Powered Ankle-Foot Prosthesis (iWALK) is, by far, the most
advanced/furthest along in development of active/passive prostheses. MIT Media
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Lab’s Hugh Herr has been working on this design since the early 2000’s and has
produced several iterations of his powered ankle-foot prosthesis. The main
transmission/powertrain of the iWALK uses a physical spring working in parallel
with a high-power output force-controllable actuator [37]. As seen in Figure 2.5 (b),
there are five main mechanical elements to the system: a high power output DC
motor, a transmission, a series spring, an unidirectional parallel spring, and a
carbon composite leaf spring prosthetic foot. The first three components are
combined to form the force-controllable actuator, called Series-Elastic Actuator
(SEA). The SEA controls the extent to which the series spring is compressed. Using
a linear potentiometer, the force applied to the foot is obtained by measuring the
deflection of the series spring. The SEA is used to modulate the joint stiffness, as
well as provide a constant offset torque. A spring, configured in parallel to the SEA,
is introduced due to the demanding output torque and power requirements; this also
decreases the load borne by the SEA. The SEA transmission uses a Maxon RE-40
servomotor to drive a linear ballscrew via a timing-belt transmision. An elastic leaf
spring foot is used to mimic the function of a human foot that provides shock
absorption during heel-strike, energy storage during the early stance period, and
energy return in the late stance period; the Flex Foot LP Vari-Flex was used to
achieve this. The iWALK design and prototype can be seen in Figures 2.5 and 2.6.
The iWALK implements finite-state controllers because gait is repetitive
between strides (and within a stride), and can be characterized into a distinct finite
number of sub-phases [37]. Because the human ankle is believed to operate in
impedance control mode during stance phase and position control mode during
swing phase, the iWALK separates one full gait cycle into four sub-phases, each
having its own particular control algorithm. As broken down by Au et al. [26], the
four sub-phases are: 1) Controlled Plantar Flexion (CP) begins at heel-strike and
ends at foot-flat. 2) Controlled Dorsiflexion (CD) begins at foot-flat and continues
until the ankle reaches a state of maximum dorsiflexion. 3) Powered Plantar Flexion
(PP) begins after CD and ends at the instant of toe-off. And 4) Swing Phase (SW)
begins at toe-off and ends at heel-strike; it represents the portion of the gait cycle
when the foot is off the ground.
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(a) (b)
Figure 2.5: a) iWALK Component Diagram b) iWALK Conceptual Diagram [26, 37].
Images used with permission ( c©[2007,2009] IEEE).
These sub-phases allow for the finite-state control algorithms to be
implemented into the design of the physical iWALK (Figure 2.6 (b)). The following
four tenets are what integrate the control algorithms with the prosthesis during the
sub-phases of gait [26]:
1. Researchers have shown that ankle joint behavior during CP is consistent with
a linear spring response with joint torque proportional to joint position.
2. Ankle torque versus position during the CD period can often be described as a
nonlinear spring where stiffness increases with increasing ankle position.
3. Because the work generated during PP is more than the negative work
absorbed during the CP and CD phases for moderate to fast walking speeds,
additional energy is supplied along with the spring energy stored during the
CD phase to achieve the net ankle work and high plantar flexion power during
late stance. Thus, during PP, the ankle can be modeled as a torque source in
parallel to a CD spring.
4. During SW, the ankle can be modeled as a position source to achieve foot
clearance, as well as, to reset the foot to a desired equilibrium position before
the next heel strike.
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(a) (b)
Figure 2.6: a) iWALK CAD Model b) iWALK Prototype [26, 37]. Images used with
permission ( c©[2007, 2009] IEEE).
The complex control of these sub-phases is performed through the regulation
of torque, impedence, and position controllers in conjunction with eight sensors (a
potentiometer, an encoder, and six force transducers [38]). The complex
control/sensory algorithms are carried out by a “mobile computing platform”
(portable/stripped down computer) worn as a backpack by the amputee.
Although this is the most advanced work currently being conducted in this
field, there are a couple of drawbacks to this design. First, the fine tuning of the
many physical components makes this design difficult to scale to wearers of a wide
range of weights and body sizes. Another major drawback is that the control system
is bulky and must be worn as a backpack. In conjunction with the afformentioned
drawback, the entire weight of the prosthesis (3-4 kg [prosthesis alone]) and control
system is about 9.23 kg (20.31 lb) [26] (about 11.8% of an average wearer’s mass).
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2.2.3 Vanderbilt Powered Knee and Ankle
Under the direction of Vanderbilt University’s Michael Goldfarb, two
iterations of a powered knee and ankle transfemoral prosthesis have been designed.
The first iteration is a tethered and lab-tested version of the prosthesis, and the
second is a mobile self-contained version. The overall design of the prosthesis was to
design each joint using a slider-crank configuration and actuate it via a linear
actuator [39]. Utilizing the law of cosines and the force data received from series
force-transducers, the joint torques can be regulated. The tethered version
(weighing 2.65 kg) uses two pneumatic actuators, each controlled by a four-way
servovalve. The self-contained unit (weighing 4.2 kg) utilizes two motor driven ball
screw assemblies (Maxon EC30 Powermax brushless motors), as opposed to the
pneumatic pistons, and are powered by a lithium-polymer battery [40]. In addition,
the ankle actuation unit integrates a spring working in parallel with the ball screw;
this supplements the motor’s power output during ankle push off. The two
iterations can be seen in Figure 2.7.
Figure 2.7: Vanderbilt Powered Knee and Ankle Prosthesis. Left: Self-Contained Version,
Right: Tethered Version. Used with permission from [39,40].
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The control of the prosthesis consists of three levels. The highest level infers
the users intent based on the interaction between the user and the prosthesis
through the use of the five sensors implemented, and then switches the middle level
controllers on appropriately. User intent recognition is achieved by first generating a
database containing sensor data from different activity modes. A middle level
controller is developed for each activity mode (similar to MIT’s iWALK), such as
walking, standing, sitting, and stair ascent/descent. The middle level controllers
then generate torque references for the joints using a finite state machine that
modulates the impedance of the joints depending on the phase of the gait. The
low-level controllers are the closed loop joint torque controllers, which compensate
for the transmission dynamics of the ball screw, enable tracking of the knee and
ankle joint torque references used by the middle level controllers [40].
Although the second iteration is self-contained and weighs only 4.2 kg, there
are several major downfalls to its design. First, the design criterion (peak ankle and
knee torques) used for self-contained prosthesis are the same as that of the tethered
version despite an increase in user mass (the user this version was designed for is 10
kg greater than that for the previous iteration); this is contradicted by WDS which
is normalized to the person’s mass (kg), which they make reference and use in their
design process [11–13]. Second, while using the 75 kg user requirements and in an
attempt to maintain a similar working envelope, the ankle actuator is only capable
of producing 76% of the torque necessary for the desired walking speed [39]; in this
case form took precedence over function. Aside from the complicated control
algorithms (which attempt to assume the wearer’s intent), the self-contained model
allows for only 1.8 hours of walking or 12 hours of standing between battery
charges [40]; this means that one would have to tote the charger around if they had
wanted to use the prosthesis for a full day.
While the prostheses examined in this chapter (passive and powered)
attempt to restore normal gait to transtibial amputees, they all fall short of either
providing enough energy input or are not yet fully developed to the point of
becoming a commercial product. Where current passive prostheses lack in
adaptability and power, they make up in smaller size and lower weight. The
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advantages gained through the addition of powered actuators are always coupled
with an increase in size, weight, and complex control systems, as seen in the
examples presented earlier in this chapter. These trade-offs played a large role
throughout the design process of the prosthesis developed in this thesis.
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CHAPTER 3
Background Information and Previous Work
The development of the new prosthesis builds upon the research that
facilitated the design of the proof-of-concept prototype, and therefore, an overview
of that preliminary research is presented in this chapter. The optimizations and
prototype design/construction outlined in this chapter are more thoroughly
described in the prior works by Joseph Wells Jr. and Javier Mattos [10, 14, 41]. The
bench testing and analysis (Section 3.3) of the proof-of-concept prototype is where
this research begins. For the initial prototype optimization and design, the following
assumptions/design criteria were implemented:
1. Only movement in the sagittal plane was modeled.
2. No aspect of this design is meant to allow inversion/eversion (roll) or
transverse rotation (rotation in the coronal plane).
3. Optimal values were normalized to the kilogram (i.e., able to be scaled to the
weight of potential wearers).
4. Since ankle moments and other data from WDS [12] was used for data
comparison, the value of 1.134 seconds for a gait-cycle was used.
5. A body mass of 73.6 kg (162 lb) was arbitrarily chosen for calculations in the
initial design.
6. Real/viscous friction of prototype joints was neglected.
3.1 Mechanism Selection and Previous Optimizations
The initial optimizations attempted to mimic normal ankle moments in two
different ways. First, a simple hinge was used, where a motor and spring would
apply moments to match the torque of a normal ankle during gait; this was
mathematically expressed as a least squares fit. A sum of the squares calculated a
high error, and therefore, this approach would be highly ineffective. The second set
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Error for Error from Peak
Mechanism Optimization Variables
b k M0 Full Gait Foot-Flat to Motor
(N·m·s
rad·kg
) (N·m
rad
) (N ·m) (N2 ·m2) Toe-Off (N2 ·m2) Pwr (W )
hinge unconstrained k, b, M0 -0.094 180 35 6.5146 NA 92
passive 4bar constrained k, b, M0, l0, l1, l2, l3 0 61 -81 3.3785 NA 0
active 4bar constrained k, b, M0, l0, l1, l2, l3 -0.047 61 -80 1.6981 0.5406 130
improved cost constrained k, b, M0, l0, l1, l2, l3 -0.056 67 -61 NA 0.1211 150
penalized energy constrained k, b, M0, l0, l1, l2, l3 -0.012 15 4.4 NA 0.1164 150
Table 3.1: Progression of error reduction
of optimizations utilized a four-bar mechanism, a torsional spring, and a rotational
damper. The variable values that were subject to change during this optimization
were those of the damper, spring constant, spring preload, and four-bar link lengths.
Utilizing the standard analysis of four-bar mechanisms, the moment produced at
the ankle (Joint A in Figure 3.1) was calculated at each datum point, i, using the
following equation: [14, 42]
Mθi =Mφi
φ˙i
θ˙i
=
(
bφ˙i + kφi +M0
) φ˙i
θ˙i
(3.1)
where θi and φi are the angles at Joints A and C, respectively, and Mφi is the
moment produced at Joint C (Figure 3.1). Greatly improved results were achieved
when the optimization was limited to the portion of gait during single-leg support
(SLS), from the time that the foot is flat on the floor (foot-flat) until the same foot
leaves the floor (toe-off) [6%-60% of stride (stance phase)]. This solution was then
improved upon by allowing the damper value to become negative (an energy input
to the system proportional to rotational velocity). This optimization was then
constrained to the SLS portion of gait, which yielded a much better fit (depicted by
the lower error between the calculated moments and Winter’s moments). Further
refining ensured that the four-bar link lengths were within an order of magnitude of
each other. Table 3.1 illustrates the variables that were allowed to vary, the
optimized damper (b), spring constant (k), and preload (M0) values, the resulting
error, and the power required of the motor through the optimization process.
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Figure 3.1: Model of the four-bar prosthesis configuration, where C is the location of the
spring/motor and l0 through l3 are links of the four-bar mechanism.
3.1.1 Optimization
Because the prothesis (or some iteration of it) would eventually need to be
portable, power consumption of the motor was also taken into account. The peak
power required to drive the device was of importance because the battery life of
such a device is crucial for potential wearers. For this reason, the optimization was
further refined to take into account energy concerns. This optimization was
performed was to manipulate the cost function, such that, the optimization would
produce an optimum with a decreased b value (now defined as an energy input into
the system). With a smaller power and energy demand, motor and battery pack size
reduction could be used to reduce the potential weight of the prosthesis.
By reducing the value of |b|, the amount of energy necessary to achieve an
optimal solution (match WDS moment trajectory) is reduced. With the
introduction of γ|b| (an energy-related term) into the cost function, reducing the
energy input became a secondary priority in the optimization process. Depending
on the value of the weighting coefficient, γ, high |b| values penalized the cost
function (increased its error). This resulted in an optimum that performed well, and
had the added benefit of necessitating less energy supplied by the actuator. To
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incorporate this γ|b| term, the cost function was then modified from:
min E =
∑
(Mi −Mθi)
2 (3.2)
to
⇒ min E =
∑
(Mi −Mθi)
2 + γ|b|, (3.3)
where Mi are the moments from WDS [12] and Mθi are the moments calculated by
Equation 3.1 through the optimization. Through subsequent tests, γ was fine-tuned
to yield an acceptable balance between a reduced |b| and deviation from the normal
moment curve. Error calculations verified that this new optimum was an acceptable
fit for the desired ankle moment trajectory (over the target range of 6% to 60%).
This change also significantly reduced the damping constant by 80%, while also
decreasing the k and M0 values (75% and 95% respectively).
While determining an acceptable γ, it was noticed that the four-bar link
lengths changed significantly from one optimum to the next but did not ultimately
effect the error. This meant that, with a stable optimum realized, many four-bar
link ratios existed that would potentially satisfy the optimum. Furthermore, the
cost function and/or the constraints had the ability to be augmented further
without losing solutions that approached the target moment curve. This proved
vital when designing the four-bar mechanism that would eventually need to occupy
a volume similar to that of the human ankle.
The optimization parameters were then adjusted such that a four-bar
mechanism design (one that was convenient for fabrication) could be attained. The
upper and lower optimization constraints for the links were adjusted to keep the
lengths within an order of magnitude. Given the scalability of the four-bar
mechanism (changing the length of one link results in the change in length of the
remaining links), one of the lengths, l0, was constrained to a value of one unit of
length (just an arbitrary value at this point). The l0 constraint controlled the range
(length) to which the four links could assume; this ensured that the remaining three
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Figure 3.2: Plot of normal ankle moment and the optimum with a penalized cost function.
link lengths were within the magnitude of one unit of length.
The result of these changes to the cost function and bounding criteria are
characterized by the following cost function, optimum, and ability to match the
moment curve (Figure 3.2):
min E =
∑
(Mi −Mθi)
2 + γ|b| (3.4)
subject to γ = 0.03
l0 = 1
0.1 ≤ ln ≤ 10, n = 1, 2, 3
resulting in the final optimum values given by Equation 3.5:
xopt =


b
k
M0
l0
l1
l2
l3


=


−0.012 N ·m·s
rad·kg
0.200 N ·m
rad·kg
−0.060 N ·m
kg
1.000 m
0.871 m
1.371 m
0.218 m


. (3.5)
A final comparison with the stiffness plot (Figure 3.3) showed that the four-bar
mechanism with penalized energy had an excellent fit during the stance phase of
gait.
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Figure 3.3: Normal ankle stiffness plotted with the latest four-bar optimum for stance
phase of gait.
3.2 Previous Components and Construction
With the optimization process complete, values for the damper, spring
constant, and the initial preload were calculated; easily constructed link lengths
were also chosen. The values (for a 73.6 kg amputee) used for the selection of
components and prototype construction are shown in Equation 3.6:
xopt =


b
k
M0
l0
l1
l2
l3


=


−0.8729 N ·m·s
rad
14.72 N ·m
rad
−4.416 N ·m
kg
11.12 cm
9.60 cm
15.24 cm
2.42 cm


(3.6)
The prototype design implementation began by meeting the power demands
dictated by the final optimization (see Equation 3.5). A variety of motors with
sufficient power were available, but a Yaskawa 200-W motor with an APEX 10:1
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right-angle gearhead, powered by a Yaskawa 400-W amplified controller (capable of
proportional-integral-derivative (PID) control), was chosen as the main powertrain
for the prosthesis. With the introduction of the gearhead, the motor needed only to
provide 158 W to achieve the peak power requirement of ∼ 300-350 W at the ankle
joint. This configuration did not incorporate a battery system, but was not
necessary as it was not meant for human testing; the system operates on 110 V AC.
Precision torque, displacement, and velocity values were controlled by an
incremental encoder (mounted to the motor), DACs, and ADCs through the use of
a dSPACE DS1104 real-time interface (RTI) board. The dSPACE board allowed for
real-time analog and digital interaction between the servo-amplifier and the
ControlDesk workspace. ControlDesk was the program run on the host computer
that implemented the Matlab Simulink models and enabled the user to monitor the
system’s performance, regulate inputs and outputs, and collect data from the
real-time processes.
Several spring configurations were considered, but the final design used a
spiral torsion spring as seen in Figure 3.4, which had a depth of less than 1.27 cm
while still possessing a sufficient k value.
Aluminum 6061 was originally used for links l0, l2, and l3 (see Figure 3.1) in
the four-bar mechanism, where the foot becomes the fourth link; later links l2 and l3
were machined out of 1018 steel due to strength issues (realized during bench
testing). Assuming real-world conditions, double-sealed bearing joints were
specified. The Endolite Multiflex foot was chosen for its size, profile, and rigidity
characteristics, and thus, the other three link lengths were scaled to its parameters
(see Equation 3.6 for values). The assembled proof-of-concept prosthesis can be seen
in Figure 3.4. Component weights and costs can be seen in Tables 3.2 and 3.3
respectively.
3.3 Previous Bench Testing
With fabrication complete (Figure 3.4), the next step was to bench test the
prosthesis. Tests were conducted to ascertain how well the prototype could match
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Figure 3.4: Lower Limb Prosthetic Device Prototype.
Component Material Weight (kg)
Yaskawa SGMAH-02AAN21 Motor and
APEX ABR060-S2-P1 Gearhead — 3.05
Link 0 (w/bearing) 6061 Aluminum 0.14
Link 1 (Endolite Multiflex foot) — 0.47
Link 2 (w/bearings) 1018 Steel 0.15
Link 3 1018 Steel 0.06
Ankle Pins 1018 Steel 0.06
Spiral Torsion Spring Spring Steel 0.10
Spring Mounting Block Aluminum 0.13
Total Prosthesis Weight 4.16
Table 3.2: Components used in proof-of-concept prototype.
the theoretical model, i.e., how well it could match the vertical reaction forces in
WDS [12]. Limitations of the prosthesis and test apparatus were made evident
through the testing that had not been predicted by the analyses; these will be
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Line of Action
Figure 3.5: Prosthesis in MTS fixture.
discussed in greater detail later in this section.
3.3.1 Pretest Preparations
Passive prostheses are typically fatigue tested by a MTS-type machine which
flexes the “toes” and “ankle,” while the machine is oscillated in an up and down
manner. The apparatus used for testing this prosthetic device employed a similar
procedure, but the displacement input was not of a sinusoidal or saw-toothed
Item Quantity Cost
motor assembly 1 $ 1,964.00
gearhead 1 $ 975.00
bearings & mounts 4 $ 43.00
four-bar fabrication 1 $ 361.00
springs & adapter 5 $ 1,295.00
testing fixtures 1 $ 93.00
TOTAL $ 4,731.00
Table 3.3: Prototype Part Costs
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Figure 3.6: Linear displacement plot for MTS testing.
function; the displacement input was a specific sequence of commands meant to
simulate the portion of the human gait from 6%-60% of a normal stride. The
prosthesis was driven indirectly by a MTS-type machine which moves with one
degree of freedom (DOF) in the vertical direction (see Figure 3.5). Motion in this
direction was calculated from known ankle angles, θ, for a normal gait in WDS,
which is seen in the vertical displacement curve (Figure 3.6). Figure 3.5 shows the
prosthesis in position before the MTS machine was set into motion. The line of
action was chosen to be the vertical alignment of the forward-most joint of the
four-bar mechanism (where l1 and l2 come together) and the pin joint at the top of
the mounting bracket (see Figure 3.5). These points were conveniently chosen as the
vertices of a triangle with two known side lengths and the corresponding angle
between them, and through the the law of cosines the length of the line of action
was calculated; this simplified calculations and decreased the uncertainties in the
analysis.
Theoretical/desired reaction force values (WDS) were plotted and can be
seen in Figure 3.7; this force curve, therefore, set the expectations for the bench
testing. One reasonable assumption was that the reaction force produced by the
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Figure 3.7: Theoretical Vertical Reaction Force for 6-60% of Stride.
prosthesis would be normal to the MTS mounting bracket; this assumption was
made because only the vertical component of the reaction force will be measured
and compared. The load cell on the MTS machine only recorded data in the axial
(vertical) direction, so the tested reaction force on the load cell would be compared
to that from Figure 3.7.
3.3.2 Testing and Data Acquisition of the Prosthesis
The response of the prosthetic device was monitored and recorded using the
dSPACE board through the real-time interface. The dSPACE board is a stable,
dedicated platform that runs the program software (ControlDesk) without
interruption from background applications. Through the use of ControlDesk and the
dSPACE interface, the motor’s response, such as torque produced, angular velocity
of the shaft, voltage output, etc., was plotted and saved in real-time throughout the
testing trials. This was done so that it could be analyzed and related to the reaction
forces recorded by the load cell. This real-time monitoring allowed for minor
modifications to the prosthesis’ driving program without having to wait for the
testing to cease; this capability proved useful when voltage and velocity issues were
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Figure 3.8: Prototype testing Simulink main model.
encountered. The prosthesis’ controls run as a closed-loop system; the optical
encoder (mounted on the motor) outputs the number of pulses to which the motor
rotates. This value is then sent to the dSPACE board where it is differentiated and
then converted to radians per second. Multiplying this value by the b value (negative
damping constant) mentioned in the optimization section yields the desired motor
moment for that particular portion of the stance phase. After converting this torque
to its corresponding analog voltage, the dSPACE board then outputs this voltage to
the motor after being amplified by the servoamplifier. This entire process (of pulses
→ velocity → torque → voltage conversion) is continuously repeated (as a
closed-loop system) as the prosthesis is run through the entire motion profile.
Schematics of the Simulink block diagrams can be seen in Figures 3.8 and 3.9.
According to non-amputee gait data, the initial position (at 6% gait) is −3◦
(WDS), pointing the foot slightly downward (plantarflexed). The prosthesis was
then fixed to the MTS machine in this approximate initial position; this was done
by securing the foot to the mounting plate via a “toe” clamp bolted through the
toes and raising the MTS machine until the 93◦ angle between links l0 and l1 was
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(a) (b)
Figure 3.9: Prototype testing Simulink subsystems: a) Main Subsystem b) Analog Con-
version Subsystem.
achieved. The MTS machine was then zeroed at this position (the initial start
location was recorded) and the start sequence was initiated. The program used to
run the MTS machine then took approximately 40-45 seconds to zero itself about
our predefined point and then ran the displacement command sequence. After the
MTS program had finished, the ControlDesk and force transducer data was saved
and checked to ensure that desired data characteristics were being recorded. This
procedure was then repeated for several more trials at the theoretical damping
constant b value. Several trials (of the same displacement commands) at increasing
b values were then performed until the voltage limitations of the dSPACE board had
been reached; this was done to ensure that a full data set had been acquired, and to
test the capabilities of this particular prototype design.
3.3.3 Limitations
The load cell recorded data at 100 Hz, which allowed for the capture of only
about 63 points of data as the foot was flexed from 6% to 60% of the gait cycle at
normal speed, assuming an entire cycle takes 1.134 seconds (WDS) [12]. The 100
Hz data acquisition of the MTS load cell was the maximum rate for this particular
machine. Due to the relatively small amount of data taken by the MTS machine,
multiple trials of the displacement commands were run and used in the analysis. By
33
10 20 30 40 50 60−20
−10
0
10
20
30
40
Percent Stride (%)
Li
ne
ar
 V
el
oc
ity
 (c
m/
s)
MTS and Desired Linear Velocity Comparison
 
 
MTS Velocity
Desired Velocity
Figure 3.10: Linear Velocity Comparison for 6-60% of Stride.
running these multiple trials, accuracy and precision of results were able to be
observed.
After preliminary testing, it was observed that the peak reaction force was
slightly less than expected and seemed to lag (not climb as rapidly) as that
predicted by the theoretical model [16]. When the data had been examined, the
desired velocity of the MTS machine had not been achieved; this meant that the
MTS machine had been pushed past its performance capabilities and either
accelerated too slowly, possibly due to having to change the direction/accelerate a
hydraulic ram that possesses a large inertia, or could not produce sufficient velocities
to yield the exact dynamic response desired. This can be seen in Figure 3.10 where
the actual (MTS) and the desired linear velocities are plotted against each other.
Another major contributing limitation factor of these trials were issues
regarding the torsional spring. There were five springs that had been originally
custom manufactured for the prototype, and upon visual inspection of these springs,
it was measured that some of the springs were up to 8◦ off from some of the others.
This caused a discrepancy when it came to the initial positioning and preloading of
the prosthesis, as the springs were supposed to provide a particular moment
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(preload) at the beginning of the displacement command sequence. All of the
springs were to have the same spring-constant and were supposed to maintain this
property for the range of motion that was to be imposed upon it, but after
inspection of the prosthesis, it was noted that some of the springs had deformed
slightly after series of tests had been completed. More on this discrepancy will be
detailed further in the next subsection when analyzing the plotted reaction forces.
3.3.4 Results and Analysis
Due to the limitations of the MTS machine used and the inconsistencies
realized in the torsional springs, much of the deviation away from the theoretical
reaction force plot can be explained. As seen in Figure 3.11, there is a relatively
minor difference between the observed reaction force and that of WDS. The force
data used to create the plot in Figure 3.11 comes from several sets of data taken
from multiple trials. The data from these trials were averaged and then a best fit
approximation, using a polynomial fit with a function order of fourteen, was used to
plot the given data against that of the desired data. This method proved more
effective than filtering the data utilizing a FFT and a Butterworth filter; when the
previously mentioned method was implemented much of the reaction force’s curve
characteristics, such as shape and magnitude, were diluted and suppressed. Using
the polynomial fit, a correlation coefficient (R2) of 0.9917 was obtained; thus, it was
decided that this would be the most accurate and efficient way to model the data.
The first peak in the tested force plot is likely low due to the initial
conditions of the system; it would seem reasonable that this can be directly linked
to the initial loading of the torsion spring and its original orientation, i.e., lack of
preloading. At this point the prosthesis achieves 89.3% of the theoretical reaction
force for the first peak. From Figure 3.10, it is evident that the MTS machine
actually exceeds (more negative in the plot) the desired velocity (this too was
determined to be a partial causal effect related to the spring issue), but it should
also be noted that this velocity peak occurs after the desired velocity peak. Also,
due to the limitations of the MTS machine and line of action chosen, complete
foot-flat reaction forces could not be tested as the foot is not “rocked” through its
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Figure 3.11: Reaction Force Comparison for 6-60% of Stride.
profile (foot-flat through toe-off), but is driven linearly over the front most joint. It
is this limitation that explains most of the deviation seen in Figure 3.11.
Later in the gait cycle is where the motor’s contribution to the system
becomes crucial. Since the motor does not have to produce as much torque, due to
not having to make up for the larger “dip” in reaction force, it actually peaks
slightly earlier than that which is predicted by the theoretical model. The motor is
able to produce 98.8% of the predicted reaction force, in magnitude, at this second
peak. From Figures 3.10 and 3.11, it can be seen that it is the MTS velocity
limitation that causes the lag in the prosthesis’ reaction, as represented by the
shallower slope in the Force Comparison plot (Figure 3.11) at the end of the portion
of gait tested. The ability for the prosthesis to match the theoretical curve as well
as it had was a large accomplishment given the conditions and limitations to which
it was subjected. A motion analysis detailed in the next section will examine the
limitations of the bench testing and compare the results to those obtained through a
theoretical model of the prosthesis’ motion profile.
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3.3.5 Model Verification
Since the prosthesis could not be tested in the exact manner to which the
reaction forces/ankle moments of a normal stride profile could be measured, a
secondary motion/force analysis was necessary to ensure accurate and precise
results. Ideally, the moments produced at the ankle would be measured; however,
this was unfeasible due to the current prototype’s design. Therefore, the reaction
forces, which are more readily available but directly associated with the ankle
moments, were measured. Modeling and analyzing the prototype in a computer
aided engineering (CAE) program enabled the bench tested prosthesis to be
compared to the theoretical model tested under similar conditions. Siemens UGS
NX 6.01 was used to create a virtual representation of the prosthesis and MTS ram
used for testing (Figure 3.12). This model, although simplified slightly (due to
modeling considerations), has the same desired motion profile provided by the MTS
machine, motor torque control algorithm, and torsion spring characteristics as the
prototype used in the bench testing. The main differences between the model and
the actual prosthesis are that the model’s spring characteristics, motion profile and
supply torques are exact, and the modeled foot is solid (not deformable) and pivots
in the approximate location that the actual prototype had.
Once created, this model was then imposed (forced to have similar conditions
to which the prototype was bench tested) with the proper simulation parameters
(link location, mass, joint type, actuation commands, etc.) and then exported to the
ADAMS Solver program utilized by NX 6.0. ADAMS takes the model and then
performs a motion simulation which simulates the kinematics and dynamics of the
system; data are then returned to the NX 6.0 user interface and made available for
further analysis. With sensors located properly one can control input displacements,
velocities, torques, and so on; this allows for precise control and feedback
simulations. These sensors also allow for the output of other data; vertical reaction
forces are what was of concern, so a sensor was placed on the bottom of the foot
1Siemens UGS NX 6.0 is a computer aided drafting (CAD) program that calls other “behind-
the-scenes” solvers, making it a powerful and versatile CAE program capable of motion, FEM, fluid,
etc. simulations.
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Figure 3.12: Prosthesis CAD Model Used in Motion Simulation.
measuring the reaction force in the z-direction (direction of motion) of the model.
The simulation and prosthesis vertical reaction force comparison can be seen
in Figure 3.13. As seen in the figure, there are two differences that are evident.
First, the reaction force produced early on by the simulated prosthesis is slightly
lower than that of the prototype’s. This is due to the simulation’s foot’s inability to
deform to the mounting platform early on in the gait cycle not allowing it to exert
as much force as the semi-deformable Endolite Multiflex foot used in the prototype’s
design. Second, the simulation’s reaction force decreases much more rapid from
45-60% of stride than that of the prosthesis. Having ideal circumstances, proper
MTS velocities, the motion simulation allows the model to respond better than that
which was bench tested. Aside from those differences, the simulation model reacts
just as expected; it reaches the peak reaction force for toe-off and shows that the
preliminary bench testing yielded meaningful results.
3.4 The Need for a New Design
Because the prototype was built as a proof-of-concept prosthesis, there are
several modifications/issues that need to be made/resolved:
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Figure 3.13: Simulation Reaction Force Comparison for 6-60% of Stride.
1. It was designed for a 73.6 kg amputee (not the typical transtibial amputee
mass).
2. It weighs 4.16 kg [9.15 lbs] (5.65% of the body weight [heavy for an incomplete
prosthesis])
3. It is missing crucial limb/prosthesis interface elements.
4. Links broke during bench testing.
5. It runs off of 120 VAC.
6. It is not portable.
7. It is only capable of rotation of 30◦ plantar flexion and 5◦ dorsiflexion.
8. It is too large for practical use.
Before human testing can take place, these issues needed to be resolved. The
main tenets that the new prosthesis design was to follow was that it must be small
(comparable size to normal lower limb), light (low in weight), and strong (capable of
withstanding everyday use).
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CHAPTER 4
Predesign Analysis
4.1 Targeted Amputee Population
While this prosthesis design paradigm could potentially be modified/scaled
to any particular ambulator’s specifications (weight, height, ambulation level, etc.),
there are a few criterion to which the prosthesis was designed. A few of the major
requirements are listed below.
1. Amputee weight: approximately 81.82 - 90.91 kg (180 - 200 lbs) (the typical
transtibial mass/weight of potential human subjects).
2. Level K3 or K4 ambulators, as they potentially have the ability to achieve a
variable cadence (would be more actively using the prosthesis). This allows for
the prosthesis to be designed for normal cadence (∼1.34 m/s [∼3.0 mph]).
3. Amputees must have the ability to walk without prolonged use of a walker or
cane (different gait patterns occur when either are used), however, they would
be able to use an aid while adjusting/getting used to the prosthesis.
4. They will have a minimum of 25 cm clearance between the residual limb and
the ground.
Some of the requirements listed above were implemented due to potential
availability of testing subjects, as well as, forethought to likely components to be
used in the prosthesis’ construction. With these particular design criteria taken into
consideration, the same optimization techniques used in designing the
proof-of-concept prototype were implemented. This allowed for only minor
modifications to be made to the optimization programs in order to achieve a
practical design. Section 4.2 will further explain the new optimization protocol.
4.2 Link Optimization Revisited
This section outlines the various changes from the previous
(proof-of-concept) optimization protocol and the various options that were made
40
available through changing parameter values and limits. Many of the changes made
were to shorten the link lengths to reduce the working envelope, and minimize the
power and torque requirements for the smaller link lengths. While many of the
variables listed below are defined in Chapter 3, they will be reiterated here along
with several new variables.
• b ≡ damping constant [N ·m·s
rad·kg
] (negative due to energy input)
• k ≡ linear spiral torsion spring constant [ N ·m
kg·rad
]
• M0 ≡ initial preload moment generated from the spring at Joint C [
N ·m
kg
]
• λn ≡ link length ratio (ln/l0, n = 1,2,3)
• ln ≡ link length (n = 0,1,2,3) [cm]
• E ≡ moment error from the theoretical data [N2 ·m2] (defined in Equation
3.3)
• τmax ≡ maximum torque needed to be supplied by the motor [N ·m]
• Pmax ≡ maximum necessary power provided by the motor [W ]
• ϕmax ≡ maximum motor velocity [rpm]
As used previously, b, k, and M0 were implemented in the optimization in
the same manner, but the upper and lower limits were narrowed (Table 4.1); this
measure was taken to ensure that erroneously high values could not be achieved.
These bounds, rather than the cost function, were chosen due to the desire to keep
the outcome relatively close to that of the prototype’s, as it had performed well
through its testing. Table 4.1 details the eight optimizations’ upper and lower
bounds that were considered when choosing the final prosthesis design. Link 0, l0,
was always chosen to be one (unit of length), so that when a desirable optimum was
reached, its length could be chosen and the rest of the link lengths (l1, l2 , and l3)
would be determined by multiplying their respective λ by l0. This was different
from the original design, where l1 was the deciding factor of link lengths; this new
approach allowed the ankle’s “height” to be decided upon, and the the rest would
follow. The ability to choose the length of l0 was crucial because this is the link that
the amputee’s pylon would potentially interface with, and if this length were too
long, there may be clearance issues with the residual limb.
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Opt2 Opt3 Opt4 Opt5
-5 ≤ b ≤ 5 -5 ≤ b ≤ 5 -5 ≤ b ≤ 5 -5 ≤ b ≤ 5
-5 ≤ k ≤ 5 -5 ≤ k ≤ 5 -5 ≤ k ≤ 5 -5 ≤ k ≤ 5
-5 ≤ M0 ≤ 5 -5 ≤ M0 ≤ 5 -5 ≤ M0 ≤ 5 -5 ≤ M0 ≤ 5
0.500 ≤ λ1 ≤ 2.000 0.500 ≤ λ1 ≤ 1.500 0.500 ≤ λ1 ≤ 1.500 0.667 ≤ λ1 ≤ 1.500
0.500 ≤ λ2 ≤ 2.000 0.500 ≤ λ2 ≤ 1.500 0.500 ≤ λ2 ≤ 1.500 0.500 ≤ λ2 ≤ 1.500
0.500 ≤ λ3 ≤ 2.000 0.500 ≤ λ3 ≤ 1.500 0.500 ≤ λ3 ≤ 1.000 0.500 ≤ λ3 ≤ 1.000
Opt6 Opt7 Opt8 Opt9
-5 ≤ b ≤ 5 -5 ≤ b ≤ 5 -5 ≤ b ≤ 5 -5 ≤ b ≤ 5
-5 ≤ k ≤ 5 -5 ≤ k ≤ 5 -5 ≤ k ≤ 5 -5 ≤ k ≤ 5
-5 ≤ M0 ≤ 5 -5 ≤ M0 ≤ 5 -5 ≤ M0 ≤ 5 -5 ≤ M0 ≤ 5
0.667 ≤ λ1 ≤ 1.500 0.667 ≤ λ1 ≤ 1.500 0.667 ≤ λ1 ≤ 1.667 0.667 ≤ λ1 ≤ 1.667
0.500 ≤ λ2 ≤ 1.500 0.500 ≤ λ2 ≤ 1.667 0.500 ≤ λ2 ≤ 1.750 0.500 ≤ λ2 ≤ 1.750
0.333 ≤ λ3 ≤ 1.000 0.333 ≤ λ3 ≤ 1.000 0.333 ≤ λ3 ≤ 1.000 0.500 ≤ λ3 ≤ 1.000
Table 4.1: Optimization Upper and Lower Bounds
Variable Opt2 Opt3 Opt4 Opt5 Opt6 Opt7 Opt8 Opt9
b -0.0193 -0.6713 -0.0451 -0.0484 -0.0186 -0.0150 -0.0226 -0.0238
k 0.3105 3.2084 0.7392 0.8904 0.3084 0.2494 0.3737 0.3892
M0 -0.3105 0.8705 -0.6450 -0.7331 -0.1969 -0.1653 -0.2393 -0.3547
λ1 1.4014 0.5000 0.5445 0.6670 0.9130 1.1707 0.7543 1.0560
λ2 2.0000 0.5000 1.5000 1.5000 1.5000 1.6670 1.4158 1.7500
λ3 0.5000 1.5000 0.5000 0.5000 0.3330 0.3330 0.3330 0.5000
E 0.1176 1.2272 0.1211 0.1563 0.1171 0.1160 0.1179 0.1191
τmax 17.18 66.72 26.20 28.25 16.91 15.18 18.60 19.05
Pmax 177.26 76.81 176.11 190.75 177.51 177.90 177.41 176.65
Table 4.2: Optimization Values normalized to the kg (units are consistent with those to
which the variables were defined earlier in this section)
By mainly changing the link length ratio (λn) bounds, a wide variety of
optimum values were calculated. Since prosthesis size was of utmost importance, it
was felt that more time should be spent adjusting these particular parameters. The
results of the eight optimization are shown in Table 4.2.
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Figure 4.1: Four-Bar Configurations. Top Row: Opt2, Opt3, Opt4, Opt5. Bottom Row:
Opt6, Opt7, Opt8, Opt9. Lengths are given in units of cm
Once the optimization trials had been completed, a value of 6 cm was chosen
for the length of l0 (per reasonable size expectations). With l0 chosen the other link
lengths were calculated and plotted. Figure 4.1 shows the eight four-bar
configurations constraining l0 and l1 to be at a 90
◦ angle with each other (lengths
are given in cm). It was now time to begin eliminating optimization configurations.
Optimization Opt3 was eliminated from contention due to its obscure link
lengths, high error and extremely high maximum torque requirement.
Optimizations, Opt4 and Opt5, were also eliminated due to their relatively high
torque demands. The remaining five optimizations were further eliminated based on
working envelope (physical size of the mechanism) and torque requirements. Opt2
and Opt7 were disregarded due to their relatively long l1 length; Opt9 was also
eliminated due to its size, but also for its higher torque demand. When it came
down to the last two, since torque was going to play a major role in motor and
gearhead selection, it was decided to use Opt6 as the build/design parameters. All
of the parameters for a 86.36 kg amputee with a l0 length of 6 cm can be seen in
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Opt6
b = -1.606 N ·m·s
rad
k = 26.635 N ·m
rad
M0 = -17.005 N ·m
l0 = 6.00 cm
l1 = 5.48 cm
l2 = 9.00 cm
l3 = 2.00 cm
E = 0.1171 N2 ·m2
τmax = 16.91 N ·m
Pmax = 177.51 W
ϕmax = 100.27 rpm
Table 4.3: Opt6 Optimization and Build Values for a 86.36 kg Amputee
Table 4.3. Once the design parameters had been calculated/decided upon, the next
step was to choose a drivetrain that would meet the desired size, weight, and
performance specifications.
NOTE: It must be stated here that, while it may seem as though this may have been
a serial process (one step lead to the next), motor and gearhead solutions were
already being taken into consideration; this is how decisions based on torque and
velocity requirements were made.
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CHAPTER 5
Selection and Design of the Active and Passive Components
As stated in Section 4.2, much of the work done on selecting the components
used to assemble the prosthesis was done in parallel. For example, motor selection
could not be completed without considering the gearhead to be used. Much
consideration went into deciding which components should be implemented as
opposed to using another of similar specifications. Trade-offs between certain build
constituents of the same kind played an intimate role in component selection, e.g.,
size and weight of a motor vs. its performance characteristics; larger size and more
power versus less power but smaller and lighter. Where some components were low
on one aspect they were high in others and vice-versa; since we live in a real world,
sacrifices had to be made. Weight, size, and performance were the key components
that factored into part and material selection.
5.1 Motor Selection
Since this prosthesis will eventually be tested on human subjects, it was
crucial to find a motor that would run on DC voltage (i.e., it will need to be
portable). When researching potential servomotors that would produce the desired
torque and velocity requirements, as well as possessing reasonable weight and size
characteristics. Maxon Precision Motors, Inc. was the motor manufacturer best fit
the design intent. One reason that they were one of the better choices was that
other research groups, performing similar research, had also used Maxon motors in
their design [26, 36, 38].
To keep the controls relatively simple, a brushed motor was the better choice
(over comparable brushless motors). As an added benefit, the Maxon RE-40
(brushed motor) [the motor that was eventually decided upon] was 8-20% more
efficient, and could produce 54-61 mN ·m and 1,230-2,263 mN ·m more nominal
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Nominal Noload Noload Nominal Nominal Nominal Stall Maximum
Power Voltage Speed Current Speed Torque Current Torque Efficiency Weight
(W ) (V ) (rpm) (mA) (rpm) (mN ·m) (A) (mN ·m) (%) (kg)
150 48 7,580 68.6 7,000 184 3.12 2,500 92 0.480
Table 5.1: Maxon RE-40 Specifications
and stall torque, respectively, than that of an EC-40 (a comparable brushless
motor). To achieve the same performance characteristics an EC-45 would have had
to been used, but this motor, while only being 5 mm larger in diameter, weighs 0.52
kg (1.14 lbs) more.
Once it was decided that a brushed motor would be used, a spreadsheet of
Maxon motor and gearbox combinations was created to aid in the elimination
process. Motor performance specifications for several potential Maxon motors were
inputted into Excel, and then all possible Maxon planetary gearboxes’ data were
listed below their corresponding motors. Motor and gearbox combinations were first
eliminated based on ability to match the desired torque and velocity requirements;
this is what lead to the ∼ 50:1 gearhead ratio that would be used (further discussed
in Section 5.2). The remaining configurations were then eliminated by their size and
weight specifications. A small portion the spreadsheet is shown in Figure 5.1.
Once all of these factors had been taken into consideration, the motor that
prevailed was the 48 V Maxon RE-40 graphite brushed 150 W motor. While
sacrificing overall power due to inability to attain desired power specifications (only
for approximately 5% [0.0567 seconds] of stride), the decrease in size and weight was
too great of a benefit to ignore. Table 5.1 provides the Maxon RE-40 motor
specifications [43]. The dimensions (given in mm) of the Maxon RE-40 can be seen
in Figure 5.2; these dimensions played a large role when it came to gearhead
selection and when choosing the angle to which the motor and gearhead would be
mounted to l0.
5.2 Gearhead Selection
While motor selection was taking place, various gearhead combinations were
also being considered. It was decided that a gearhead with an approximately 50:1
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Figure 5.1: A portion of the spreadsheet used in the motor and gearhead elimination
process.
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Figure 5.2: Physical dimensions of the Maxon RE-40 motor (given with units ofmm) [43].
reduction ratio, in combination with the RE-40, was the best solution to obtain the
desired performance characteristics. A dual output shaft (one on both sides of the
gearhead) was originally considered, but due to size and weight limitations this
possibility was eliminated. Therefore, a single output right-angled gearhead was the
next best option. Unfortunately, Maxon does not manufacture such a gearhead. So,
while searching for a reasonable 1:1 ratio right-angled gearbox to mate with a
Maxon GP-42 planetary gearhead (the Maxon gearhead that met our performance
specifications), other gearing possibilities were being pursued.
One of the most unexpected issues throughout the entire design process was
that the gearhead/gearbox combinations proved to be much heavier than
anticipated; the gearhead was the heaviest component in the entire prosthesis.
When reducing the weight was one of the major objectives, tight gearhead
requirements were implemented when choosing this component.
There are very few companies that manufacture right-angled gearheads that
could meet the desired performance specifications while maintaining a reasonable
size and weight. CGI, Inc. was willing to modify some of their existing models to
meet the desired specs. There were two options that could produce the required
torques and velocities: a custom CGI 1:1 right-angled single-stage gearbox mated
with a Maxon GP-42 53:1 planetary gearhead or a custom two stage CGI 50:1
right-angled gearhead could be used. The Maxon/CGI combination [53:1] (motor
and gearhead combination) weighed 2.21 kg and measured 26.8 cm in length, while
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Figure 5.3: Physical dimensions of the CGI 50:1 gearhead (given with units of in) [44].
the CGI [50:1] (motor and gearhead) weighed 2.03 kg and measured 22.6 cm in
length.1 Although more expensive, the custom 50:1 CGI gearhead was the better
choice due to its weight and length (major benefits of choosing this particular
gearhead, realized later in the design process, will be detailed in Chapter 6).
Dimensions of the CGI 50:1 gearhead (given with units of in) can be seen in Figure
5.3. With the major drivetrain components selected, the next step was to design the
spiral torsion spring.
5.3 Spring Design and Selection
Using the same spring design used for the prototype (linear spiral torsion),
designing the spring was a relatively simple process. The only major considerations
that needed to be taken into account was that it must possess the desired spring
1NOTE: Weights and lengths compared are as provided by the manufacturer.
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constant (∼ 26.64 N ·m
rad
), and be of reasonable size and weight for the prosthesis.
The spring constant, k, of a linear spiral torsion spring can be calculated as [45]
k =
b · t3 · E
12 · L
, (5.1)
where b is the width of the material, t is the thickness of the material, E is the
Young’s modulus, and L is the length of the “active” material in the spring. By
varying these parameters, one can achieve the desired spring constant in a working
envelope near that which is preferred.
By using the proof-of-concept prototype’s springs’ parameters as a starting
point for the new design, different variable options were considered. Since the
thickness of the material, t, has the greatest impact on the spring constant, this was
the first parameter that was allowed to increase. This was done because a spring of
similar physical size (outside diameter and thickness [depth]) to the original was
desired. By using a spring of similar dimensions, the link design and spring location
could remain relatively unaltered.
While general dimensions of the desired spring were known, it was still
unclear as to whether this spring was feasible to obtain/manufacture. The first
major obstacle was finding a manufacturer that was capable and willing to make a
spiral torsion spring. At first, the only criteria that we supplied was the spring
constant (k ∼ 26.64 N ·m
rad
) and the maximum deflection (θ ≈ 1.22 rad [70◦]) to see if
such a spring was possible. Once companies began to respond to our inquiry, they
desired more refined specifications. The further refined criteria, listed below, still
left a wide range of springs to be manufactured, but was also accompanied with a
jpeg of the CAD model representation of what was desired.
• Spring Constant: ∼ 26.64 N ·m
rad
• Necessary Angle of Rotation: ≈ 1.22 rad (70◦)
• Depth: 1.27 cm (1
2
”)
• Outside Diameter: ≤ 10 cm
• Inside Diameter: 1-2 cm
50
With these new specifications, Spring Specialists Corp. was able to achieve the
desired spring constant and working envelope (size to which the spring would
occupy), and were willing to manufacture ten of the customized springs for $2,050.
The spiral torsion springs that they could produce possessed the following
characteristics:
• Spring Material: 0.144” x 0.480” 1065 Spring Steel
• Outside Diameter: ∼ 2-7/16”
• Inside Diameter: ∼ 13/16”
• Number of Coils: Quoted ∼ 4; Actual Active ∼ 3
• Inner Crossbar Length: 5/8”
• Outer Hook Inside Diameter: 3/8”
• Torque Specification: 32.4 N ·m @ 70◦ =⇒ 26.52 N ·m
rad
One aspect of spring design that is hard to imagine is how stiff a spring
actually is. Numbers tell how stiff a spring is, but it is when one actually feels the
stiffness do they truly understand what they mean. When the springs finally
arrived, the subjective aspect to how stiff these springs actually were (they felt very
stiff [unable to achieve deflection through turning by hand]), impacted link design
(especially l3).
5.4 Minor Component Selection
This section outlines several of the minor/peripheral components that have
been chosen in the prosthesis’ design. Some of the “nuts” and “bolts” of the
prosthesis are not described in detail because they were either chosen out of
convenience or there were very limited options, i.e., bolt diameter, length,
thread-count, etc. What will be discussed are the reasons for choosing the encoder,
servo amplifier, DC power supply, and the bearings.
5.4.1 Encoder
The encoder used in the prosthesis’ design is used to count the number of
turns (position of the shaft) and then relay that data back to the control system.
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This is a crucial aspect because this value is then converted into the torque that the
motor must provide. The encoder will need to be relatively robust, as it will be
jostled as one takes a step, and will need to be able to possess the necessary
resolution required by the control algorithms to achieve a near real-time response.
The Maxon HEDL 5540 encoder and the Maxon MR Type L encoder were the only
compatible encoders that Maxon produces for the RE-40 motor. The HEDL 5540
encoder was chosen over the MR (magnetoresistance) encoder due to its durability,
ease of control and wiring capabilities. The Maxon HEDL 5540 is a 500 counts per
turn (CPT) incremental encoder possessing three channels with a RS 422 line driver.
Its maximum operating frequency is 100 kHz, and is capable of 1,000 CPT utilizing
a two-channel configuration. This encoder was the best choice for the application.
5.4.2 Servo Amplifier
The servo amplifier was decided to be one of Maxon Motor’s control units
due to the compatibility aspects with the motor and encoder. There were two
amplifiers that had the capabilities necessary to run the motor and encoder, the
ADS 50/5 and the EPOS2 50/5. Both are capable of running up to 250 W motors
with an operating voltage of 50 V and a maximum/continuous current of 10/5 A.
The EPOS2 was eventually chosen because it has more communication capabilities,
more inputs and outputs, is smaller in size and weight, and is capable of controlling
a wider range of motors.
5.4.3 DC Power Supply
Since the prosthesis outlined in this thesis will eventually need to be capable
of being worn be an amputee, battery operation solutions will need to be considered
in the future. But since this thesis outlines a version that will only be bench tested
(for the time being), a DC power supply was needed. Maxon Motor’s suggested that
the PS-320 DC power supply by US Digital be used as the main power supply, as
this was commonly used with Maxon components. This alternating to direct current
300 W power supply is capable of accepting an input of 88-132 V AC or 176-264
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V AC (can be switched to match the input voltage on the unit) and converting it to
48 V DC with a maximum current of 6.5 A; this was the ideal power supply for our
application. The output voltage also has an adjustment range of 41-56 V ; this
proved useful for fine-tuning the output to match that of the motor’s required
voltage.
5.4.4 Bearings
There was much research done as to what type of bearings would be
appropriate for the prosthesis’ design. To keep the link depths (thickness)
reasonably small, miniature deep-groove ball bearings were the best choice.
Although using roller bearings would have decreased the overall bearing diameter,
they would have inevitably increased the link depth by nearly double. The bearings
that are very popular for high-impact activities, such as bicycling and
skateboarding, are the double sealed 698-2RS ball bearings. Two of the great
advantages of these bearings are that they are small and light; they have an inner
diameter of 8 mm, an outer diameter of 19 mm, are 6 mm in depth, and weigh only
7.58 g each. The dynamic load rating for these bearings is Cr = 2,237 N and the
static load rating is Cor = 917 N . Although these values are slightly lower than
what is desired, experience (prior use of these particular bearings) indicated that
they would suffice. Any other bearing would have significantly increased the overall
size and weight of the prosthesis, and (as will be discussed in greater detail in
Chapter 6) would not have allowed for the gearhead flanges to be modified.
Weights and costs of the components used may be seen in Tables 5.2 and 5.3
respectively. These are the weights (measured) and costs of the components used to
bench test the prosthesis; these may vary slightly for the prosthesis tested on actual
subjects.
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Component Material Weight (kg)
Maxon RE-40 Motor — 0.50
CGI Custom Gearhead — 1.40
Link 0 Outer Flange (w/inner bearing and seals) 7075-T6 Aluminum 0.05
Link 0 Inner Flange (w/inner bearing and seals) 7075-T6 Aluminum 0.04
Link 0 Support 7075-T6 Aluminum 0.01
Link 0 Cross Member 7075-T6 Aluminum 0.02
Link 1 7075-T6 Aluminum 0.21
Link 2 7075-T6 Aluminum 0.03
Link 3 7075-T6 Aluminum 0.02
Pylon Sleeve 7075-T6 Aluminum 0.09
Bearings — 0.03
Spring 1065 Spring Steel 0.14
Testing Foot Plate 1018 Steel 0.65
Testing Pylon Insert 1018 Steel 0.24
Total Prosthesis Weight (assembled) 2.23
Table 5.2: Components used in current prosthesis.
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Vendor Component Quantity Price (Per Lot)
Maxon Motors RE-40 Motor 1 $ 357.59
HEDL 5540 Encoder 1 $ 102.68
EPOS2 50/5 Servo-Amplifier 1 $ 603.59
Cables and Accessories 1 (Set) $ 174.95
CGI Custom 50:1 Gearhead 1 $ 1,689.10
Custom Inner Flange (Left) 1 $ 733.33
Custom Inner Flange (Right) 1 $ 733.33
Custom Outer Flange (Left) 1 $ 733.33
Custom Outer Flange (Right) 1 $ 733.33
Nielsen Machine Link 0 Support 2 $ 170.00
Link 0 Crossmember (Left) 1 $ 75.00
Link 0 Crossmember (Right) 1 $ 75.00
Link 0 Testing Insert 1 $ 110.00
Link 1 (Left) 1 $ 495.00
Link 1 (Right) 1 $ 495.00
Link 2 2 $ 250.00
Link 3 2 $ 374.00
Link 3 (Modified) 2 $ 490.00
Pylon Sleeve (Left) 1 $ 325.00
Pylon Sleeve (Right) 1 $ 325.00
Testing Foot Plate 1 $ 215.00
Emerson Bearing 698-2RS Bearings 10 $ 32.18
SSC Custom Spiral Torsion Spring 10 $ 2,050.00
US Digital PS-320 48 V Power Supply 1 $ 177.45
McMaster-Carr Tools and Misc. Odds and Ends - $ 903.86
TOTAL $ 12,423.72
Table 5.3: Cost of Prosthesis Components
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CHAPTER 6
Four-Bar Linkage Design
Much of the work on this thesis was done to properly design the links of the
four-bar mechanism; it was thought that with a good link design the overall size and
weight of the prosthesis could be reduced. These links not only needed to be strong
enough to support the weight of the amputee, but also possess the ability to
withstand the internal forces exerted by the spring and motor as it passes through
its gait-cycles. This chapter outlines the entire link design process, from the
initial/preliminary design through the final construction of the prosthesis.
6.1 Preliminary Link Design
In this thesis, a link is defined as a part that connects one joint of the
four-bar mechanism to another adjacent joint; there are several
exceptions/clarifications that go along with this. The gearhead may also act as a
link (or as part of one [L0]). There may also be multiple components to a link, i.e.,
there may be several components (fixed to each other) acting as a single link. Along
with the preliminary link design, the pylon sleeve will also be discussed/designed, as
well as, the MTS testing mounts. When describing links and other components in
this section, they will be described as if they were designed for an amputee with a
right foot amputation. Left version components were also designed and machined,
but will not be discussed due to symmetry.
6.1.1 Original Link Design
With size (working envelope of the prosthesis) being of issue, it was decided
that the motor and gearhead would be mounted at a 25◦ angle (rotated backwards if
viewed from the side). This angle allows for an amputee to have a longer residual
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Figure 6.1: Original Design of Link 3 (L3)
limb without changing the prosthesis’ inertia by an appreciable amount. This also
kept the prosthesis within the general working envelope of a non-amputee’s lower
limb.
All of the links had originally started off as straight links with the critical
dimensions (link lengths) discussed in Section 4.2. After the bearings had been
chosen, the link design was then modified such that the ends of each link could
either encompass the bearing or fit a pivot/stud within the inner diameter of the
bearing. This forced links L0 and L2 to be of a certain width; it was decided that 16
mm was a good starting point. The bearing dimensions also led to using a thickness
of 6 mm for the links; this was a reasonable dimension, as the preliminary prototype
had used a thickness of 6.35 mm (1/2”) in its design. Due to link failures
encountered with the preliminary bench testing, the wall surrounding the bearing
(portion of the link that encompasses the perimeter of the bearing) was to be
strengthened from the start, i.e., it was made with a thicker wall.
The third link, L3, (Figure 6.1) was designed to fit around the shaft of the
gearhead with a protrusion that would give the shaft key more to “hold on” to. At
the other end was a “stud” that would mate with the inside diameter of the bearing
in L2. At that same end of the link is a slightly larger diameter extrusion, which
only protrudes 1.5 mm; this allows for a little extra clearance between the links to
allow for a more smooth rotation at that joint.
Because the preliminary prototype lacked the rotation that a normal ankle
possesses, L2 (Figure 6.2) was then modified to have a curve at the end nearest the
gearhead. This curve allowed for the joint that connects L2 and L3 to pass over
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Figure 6.2: Original Design of Link 2 (L2)
Figure 6.3: Original Design of Link 1 (L1)
Joint C (Figure 3.1) and lie in line with the joint where L1 and L2 meet. This
greatly increased the prosthesis’ range of motion (to 60◦ plantar flexion and 20◦
dorsiflexion).
Link 1, L1, (Figure 6.3) is the link that is considered the “foot” link; it is the
portion of the four-bar mechanism that comes into contact with the ground and
provides the stability of the prosthesis. It was originally designed to be just a little
narrower than the width of a size 11 foot. At the “toe” end of the link, there is a
large radius designed on the bottom; this was designed into the link so that, when
mounted to a carbon-fiber foot plate, it would provide a smooth transition through
toe-off.
The L0 link (Figure 6.4) was originally designed such that it would be
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Figure 6.4: Original Design of Link 0 (L0)
mounted to the gearhead flange on the same side that the shaft extruded. This link
would also attach to the pylon sleeve via two bolts. The prosthesis would then be
supported mainly by this single link. The difficult aspect of this link’s design was
that the dimensions had to be rotated 25◦, and the “top” end (end that mates with
the pylon sleeve) had to be flush with the front face of the gearhead. Normally this
would not have been a problem, but since the critical dimensions were made along a
primary axis, many new “working” coordinate systems had to be created to achieve
the correct geometry.
The pylon sleeve (Figure 6.5) was designed such that the pylon is accepted
along the same vertical axis as L0, but centered over L1 in the coronal plane. Its
back lies flat against the gearhead and connects to it via two mounting tabs on the
back. It also bolts to L0 on the side nearest the shaft. The pylon sleeve is essentially
a tube (pylon acceptor) that has been cut at a 25◦ angle and then mated with a
mounting plate. It has a flat insert inside the “tube” so that the pylon seats inline
with L0; this also allows for a standard pylon to be used.
The completed assembly of the original design of the prosthesis is shown in
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Figure 6.5: Original Pylon Sleeve Design
Figure 6.6: First Iteration of the Prosthesis
Figure 6.6. As currently designed, the prosthesis brought about a few concerns.
While this iteration may be suitable for the bench testing, it did not appear to be
safe for human testing; this is due to the moments created by having the pylon
sleeve not directly in line with L0. With stability and strength a concern, the idea
of creating modified gearhead flanges was taken into consideration. The next
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Figure 6.7: Modified Link 0 Assembly
subsection will further discuss this option.
6.1.2 Link Design Revisited
Designing replacement flanges for the gearhead was one way that size and
weight were decreased, while still increasing the overall strength of the prosthesis.
With the ability to recreate and modify these flanges an extra support was added to
L0. The newly designed flanges and support that mount to the gearhead are shown
in Figure 6.7. The new thickness of the links (flanges) of L0 were modified to 6.35
mm to be consistent with that of the original flanges. This modification allowed the
use of a stronger and lighter material, as well as, to gain an extra support.
With this change in Link 0, other modifications could be made to other
components to further reduce the size and weight of the prosthesis. Link 1 was then
changed to accommodate the change in L0; excess material was also removed to
further reduce weight. The “heel” end was also rounded to aid in the heel-strike to
foot-flat transition, and to reduce the size of the link. The new L1 (Figure 6.8) was
also narrowed and rounded to fit a wider variety of shoe sizes.
The pylon sleeve was the only other component that was modified due to
this change. The base (portion that lies flat against the gearhead) was widened by
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Figure 6.8: Modified Link 1
Figure 6.9: Modified Pylon Sleeve
0.35 mm, so that instead of mounting to the gearhead via the two tabs on the back,
it could mount directly to the inner flange. When referring to inner and outer
flanges, inner indicates the side nearest the sound limb and outer refers to the side
furthest from the sound limb. This change allows for the pylon sleeve (Figure 6.9)
to be more easily machined and implemented in the design.
With all of the parts created in the CAD program, it was then time to
simulate the bench testing so that the joint reaction forces could be recorded and
then implemented in the finite element analysis.
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6.2 Motion Simulation
Unlike the motion simulation performed on the prototype prosthesis, this
simulation was performed for two reasons: 1) as a design tool (to obtain the joint
forces seen throughout the testing) and 2) to record the vertical reaction forces (to
be compared against once the bench testing was completed). The forces that are
perceived by the joints while the prosthesis is run through its displacement sequence
are crucial for the refinement of the link designs, as these recorded forces were used
as the inputs for the finite element analysis (discussed in Section 6.3). Because of
the way the new prosthesis has been designed (which minimizes uncertainties
realized in the prototype’s bench testing), the vertical reaction forces from the new
bench testing will be compared to those of the motion simulation. They will not be
compared directly to those presented in WDS, as the bench testing apparatus
cannot properly “roll” the foot through a gait cycle. However, because the vertical
reaction forces obtained are derived from the WDS kinematic data [12] and ideal
circumstances (bench testing protocol, known exact spring constant and preload),
these values provide a valid/acceptable benchmark to which the experimental
reaction forces can be compared. Although the protocol used for the new motion
simulation is similar to that used for the prototype, there are a few minor
differences that should be explained (aside from testing different prostheses).
In the original prototype prosthesis simulation, motor inertia was not
addressed. Because the bench testing will be back-driving the 50:1 gearhead, this
was thought to be an important consideration when designing the components. This
added motor and gearhead inertia, while possible to implement with certain CAE
programs, is can be applied without. First, the correct back-drive inertia was
calculated using Equation 6.1 [46]:
Gr =
√
JL
JM
=⇒ JL = JM ·G
2
r (6.1)
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where Gr is the gearhead ratio, JM is the motor rotor inertia, and JL is the
equivalent load inertia from the motor and gearhead.
For our case, the Maxon RE-40 JM is 1.38× 10
−5 kg ·m2 and the CGI
gearhead Gr is 50, which yields a JL of 3.45× 10
−2 kg ·m2. This inertia can be
implemented into the simulation by adding the extra mass/inertia to the gearhead
shaft. This was done by creating a disk with a hole fit to the shaft that possessed
the necessary inertia using Equation 6.2:
JL =
1
2
M(R2 + r2)
=
1
2
piρh(R2 + r2)(R2 − r2) (6.2)
where JL is the same as earlier, ρ is the material density, and h is the thickness of
the disk, R is the outer radius, and r is the inner radius. The material chosen was
steel, the thickness was chosen to be 10 mm, and the inner radius 9.525 mm. The
outer radius, R, was then calculated to be:
R = 4
√
(
2JL
piρh
) + r4
= 4
√
(
2 · (3.45× 10−2kg ·m2)
pi(7.800× 103 kg
m3
)(1.0× 10−2m)
) + (9.525× 10−3m)4
= 129.54 mm.
With the motor inertia now accounted for, the next step was to decide on
where the pivot points should be when calculating the displacement profile. The
displacement profile was calculated the same way it had been for the prototype
testing through the use of the law of cosines. It was decided to create a foot plate
that would pivot at a particular location on the test platform; this would minimize
the amount of error in the reaction force measurements. The length from the pivot
to the rear joint of L1 (16 cm), the length from the same joint to the joint to which
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Figure 6.10: New Motion Profiles/MTS Displacement Commands
the prosthesis is connected to the MTS machine (26 cm), and the known ankle
angles (θ) were used to calculate the displacement profile. There was also a second
motion profile created with the bottom length of the triangle (distance from Joint A
[Figure 3.1] to the vertex of the “law-of-cosines” triangle along Link 1) being 10 cm
long; this was done in case there was physical interference between the
motor/encoder and the MTS ram. The two motion profiles can be seen in Figure
6.10.
To lower the maximum velocity required of the MTS machine and for ease of
modeling, the 10 cm triangle leg was used in the motion simulation. Since there are
many components in the NX model, some were combined into a single link for the
simulation; these are the parts that move together. All of the parts of the motor,
gearhead, pylon sleeve, MTS testing insert, and the L0 assembly (including
bearings) were grouped together, and named LINK 0. LINK 1 was comprised of L1
and the testing foot plate, and LINK 2 consisted of L2 and its bearings. L3, the
gearhead shaft, and the inertial disk were labeled as LINK 3. To obtain a bench
testing like scenario, the MTS’s ram and mounting platform were created in the
motion simulation. The ram’s casing and mounting platform were fixed in space (in
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Figure 6.11: Visual Representation of the Motion Simulation Links
a location that would best approximate the bench testing apparatus). For a visual
representation of the links used for the motion simulation see Figure 6.11.
All of the joints (with the exception of the joint between the piston ram and
the ram casing) were modeled as revolute joints. The joint between the piston and
the ram casing was modeled as a slider joint (prismatic) with a displacement driver;
the joint was then driven by the sequence of displacement commands described
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Figure 6.12: Motion Simulation Model with Motor Inertia Disk Hidden
earlier (Figure 6.10). The revolute joint that connected L3 and the gearhead shaft
also had a driver (torque), but was more intricate to implement. This driver would
represent the motor’s contribution to the system. First, a sensor had to be placed
on the revolute joint; it was set up to retrieve the joint’s relative angular velocity
(similar to that of the actual motor encoder). This value was then sent to the joint
driver and was then originally multiplied by the b value, from the optimization
section, to obtain the gearhead output torque. Due to a conversion programming
bug, NX 6.0 sends and receives data from the ADAMS solver incorrectly, thus, the
control algorithm was multiplied by a factor of 180/pi (radians to degrees conversion
factor); this then produced the correct output motor torque.
In NX 6.0, spiral torsion springs are modeled as “connectors”. They can be
attached to particular links or joints; depending on what option you choose
determines what type of spring is implemented. If “links” or “slider joint” is chosen,
NX uses the standard helical compression/extension spring, but if “revolute joint” is
chosen a torsional spring is used. For this case the spiral torsion spring was used,
and its proper k value and initial angle were then input as its parameters.
Once the model and simulation were ready to be tested, it was solved and
then run through its animation. Having a visual representation of the simulation
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Figure 6.13: Motion Simulation Model with Motor Inertia Disk
allowed for clearances to be checked, and also provided information as to how the
bench testing setup should look and operate. With the use of the “Load Transfer”
capability in NX, links could be selected, and then a spreadsheet of all of the
reaction forces and torques was populated for each of the steps in the control
sequence. Figures 6.12 and 6.13 show the CAE representation of the prosthesis
without and with the inertial disk respectively. With the reaction forces calculated
and recorded, the finite element analysis of the components could commence. But
before the FEA began, all of the links were checked for buckling; they all passed
with ease.
6.3 Finite Element Analysis
The finite element analysis (FEA) proved to be a crucial portion of the
design process because link material and design could be refined and tested for
strength capabilities. Although it may not be as user-friendly as the FEA used by
NX 6.0 (NX Nastran), ANSYS (Mechanical APDL) was the program of choice due
to its greater computational power and various component attributes. ANSYS has a
wide array of system applications, but the best suited for this analysis was the
“structural” setting in the “preferences”. The following subsections will outline the
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Density Modulus of Elasticity Yield Strength Tensile Strength
Material ρ E σY σT
( g
cm3
) (GPa) (MPa) (MPa)
Aluminum 7075-0 2.81 71.7 103 228
Aluminum 7029-T5 2.77 72.0 380 430
Aluminum 7475-T651 2.81 71.7 510 586
Aluminum 7075-T6 2.80 72.0 691 764
1018 Steel 7.87 205 370 440
AISI 9255 Steel 7.85 200 490 770
Ti30Nb β Titanium 4.50 70.0 500 700
Titanium Ti-5Al-2.5Sn 4.48 120 827 861
Table 6.1: Number of elements and nodes used for each part in FEA
finite element analysis process and describe material selection and modifications
made to the link design.
6.3.1 Part Setup and Preparation
Since the parts were created in a separate CAD program from which they
were to be analyzed, they either had to be recreated in ANSYS or the files had to
be converted to a type that it could use. The research license of ANSYS allowed for
the parts to be imported as several types of files. The parts were then exported as
PARASOLID files from NX 6.0, and then the .x t file could be imported by ANSYS;
this technique proved to give the most true geometry throughout the conversion
process.
Prior to the FEA, several materials were considered. Table 6.1 lists some of
the crucial material characteristics for several of the materials.
The choice of material to machine the links and associated components was
taken into consideration from a strength and weight perspective. Proper choice of
material would give the prosthesis the desired robustness, while still maintaining
essential weight characteristics. Many processes can be done to strengthen steel, but
none are capable of reducing the weight enough while maintaining the proper size of
the components. Although there are many very strong grades/alloys of titanium, it
is still 1.6 times greater in density and generally more expensive. Also, due to its
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very poor thermal properties, titanium is extremely difficult and slow to machine.
Although it has the highest strength-to-weight ratio of structural metals, this was
still not a desirable material for our application due to the aforementioned
downfalls. A wide variety of aluminums exist, but the 7xxx series of aluminum
possessed the greatest strength characteristics. There are only a few examples listed
in Table 6.1, but many more were examined. Due to its strength characteristics and
relative abundance, Aluminum 7075-T6 was chosen as the build material. This is
also the alloy that high-end professional bicycles are formed from, as well as,
military aircraft.
Since this prosthesis will eventually be tested on human subjects, some
design considerations must be taken into account. While this material has a
relatively high yield-strength, σY , fatigue strength must be considered since it will
be walked on thousands of times a day. Fatigue strength, or endurance limit, is
number of cycles of stress that a material can withstand before failure occurs; it can
also refer to the material’s strength for a given number of cycles. This value is much
lower than the σY , and for Aluminum 7075-T6 is 205-240MPa at 10
7 cycles [47–49];
this was to be the desired value to stay below for the von Mises stresses in the FEA.
6.3.2 Element Information
Because there is a wider variety of elements available when using the
h-method of mesh refinement, it was the first option used when beginning the FEA
process. The h-method of mesh refinement, automatically reduces the size of
elements where complex geometries are found. The element best suited for this
application was the tetrahedral SOLID187.
The SOLID187 element is a higher order 3-D, 10-node element. It has a
quadratic displacement behavior and is well suited to modeling irregular meshes.
The element is defined by 10 nodes having three degrees of freedom at each node:
translations in the nodal x, y, and z directions. The element has plasticity,
hyperelasticity, creep, stress stiffening, large deflection, and large strain capabilities.
It also has mixed formulation capability for simulating deformations of nearly
incompressible elastoplastic materials, and fully incompressible hyperelastic
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Part Name Number of Elements Number of Nodes
Link 0 Inner Flange 15,202 26,032
Link 0 Outer Flange 14,283 24,420
Link 0 Inner Support 2,248 3,891
Link 0 Outer Support 17,151 29,158
Link 1 71,496 107,577
Link 2 103,609 155,458
Link 3 62,472 90,219
Pylon Sleeve 9,122 17,616
Table 6.2: Number of elements and nodes used for each part in FEA
materials [50]. The main reason for using this element is its ability to be used with
the complex geometries of these parts. Figure 6.14 depicts the element’s nodal
locations, displacement and stress vectors. In addition to the nodes, the element
input data includes the orthotropic or anisotropic material properties. Orthotropic
and anisotropic material directions correspond to the element coordinate directions.
(a) (b)
Figure 6.14: Element SOLID187: a) geometry, node locations, and coordinate system b)
element stress directions and surface stress directions [50].
Other elements were considered, but from the element descriptions provided
by ANSYS [50], the SOLID187 was the best for imported CAD models. Also,
another issue encountered was that when using elements with a larger number of
nodes, the memory allocation for ANSYS would be exceeded and would terminate
the program without saving. Table 6.2 lists the number of elements and nodes used
for each part for their respective analysis.
71
6.3.3 Loads and Boundary Conditions Application
Applying the loads and boundary conditions to the model exactly how they
are in the real world would be very time consuming. As a way to simplify the
models, the parts were analyzed in sections of interest. For example, when Link 2
was modeled in ANSYS, it was broken into the two ends and then equal and
opposite forces were applied (Figure 6.15). What is meant by this, is that “a)” in
the figure was modeled by setting the displacement boundary conditions on the
inner area of the bearing wall to zero, and then applying the reaction forces to
appropriate nodes far enough from the area of interest; “b)” was analyzed in just the
opposite manner. All of the finite element plots are presented in Appendix C; this
includes element, loading and boundary condition, displacement, and stress plots.
a)
b)
Figure 6.15: Link 2 Loading: a) left end fixed with right end free b) right end fixed with
left end free
The magnitude of the loads implemented in the FEA were strictly in the y-z
plane (sagittal plane of the prosthesis), and are summarized for each part in Table
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Part Name Force y-direction (N) Force z-direction (N)
Link 0 Inner Flange 125 954
Link 0 Outer Flange 125 954
Link 0 Inner Support 445 1,920
Link 0 Outer Support 445 1,920
Link 1 (rear joint) 445 1,920
Link 1 (front joint) 566 2,947
Link 2 566 2,947
Link 3 566 2,947
Pylon Sleeve 125 954
Table 6.3: Number of elements and nodes used for each part in FEA
6.3. These were the maximum reaction forces recorded during the NX 6.0 motion
simulation. Many of these forces are larger than that particular component will see
due to redundant constraints of the motion simulation, but it was thought necessary
to test under the worse-case scenario.
6.3.4 Results and Implications
All but two of the components, as originally designed, passed the preliminary
FEA. Link 2 and Link 3 both exhibited greater von Mises stresses than that of the
desired fatigue strength. The portion of Link 2 that exceeded the endurance limit
(by 201 MPa) was the curved portion that allows for greater ankle rotation.
Although this was still within the yield-strength, the link was then modified (a
larger radius was used where the stress concentration was greatest) such that it was
within 56 MPa of the endurance limit. It was decided that to maintain the range of
angles for ankle rotation, this was acceptable; the portion of Link 2 that does exceed
the endurance limit is less than 1 mm deep into the link. Figure 6.16 depicts the
change in Link 2’s geometry and its FEA results. Link 3 also exhibited very high
stress concentrations; this could be possibly caused by the presence of infinite stress
peaks.
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Figure 6.16: Link 2 FEA Modification. NOTE: Although the scales are the same in
color, the values associated with each are lower for the modified link.
The Link 3 Complication
While it is still unclear as to what exactly was causing such high stress peaks
in Link 3 (Figure 6.17), it is believed that ANSYS’s inability to correctly match its
mesh to the part’s geometry “tricked” the program into perceiving that were infinite
stress peaks present. Methods to try to resolve this issue, and what eventually put
this concern to rest will now be discussed.
An infinite stress peak, or stress concentration, is a common source of
structural failure usually caused by a hole, fillet, groove, crack, or other geometric
irregularity. In the case of FEA, it may also be caused by meshed elements that do
not possess the ability to correctly match geometrical attributes. In his finite
element book, Robert Cook states,“FEA is not well-suited to economical modeling
of these small details [fine geometric attributes (i.e., small radii filleted
corners)]...meshing becomes tedious and computational demands become large.” [51]
This leads one to believe that this may be the case for Link 3, as the high stress
concentrations occur on an edge that has been filleted to have a 0.5 mm radius.
Link 3, when analyzed, exhibited von Mises stresses of over 12 times that of
the desired fatigue strength. Upon closer inspection, there were only several tiny
portions of the link that displayed such high stress concentrations. Believing that
refining the mesh would take care of this discrepancy, the elements of the mesh at
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these locations were made smaller and the simulation was run again, but with the
same resulting high stress concentrations. When mesh refinement had no effect,
other more complicated h-method elements were implemented.
Figure 6.17: Link 3 FEA Infinite Stress Peaks
The SOLID186 (3-D 20-node structural solid element) was used to try to
eliminate the infinite stress peaks exhibited by Link 3, but was unsuccessful and
yielded the same results. Although the SOLID186 element was of higher order, it
was still unable to correctly match the geometry of the link. Figure 6.17 depicts one
of the infinite stress present in Link 3. The next step was to try to use a FEA
technique known as the p-method. The p-method of mesh refinement increases the
order of the polynomials in an element, up to the eighth order [50, 52]. Because the
3-D Brick147 and 3-D Tetrad148 elements (only available ANSYS 3-D solid
elements) could not match the geometry of Link 3, the p-method was unable to be
implemented. The r-method, refinement based on relocating the position of element
nodes, is not supported by the ANSYS software, and therefore, was not able to be
used.
Another interesting observation was that where there is no loading (free-end
of the part), there exists relatively high stresses (26,127 MPa at Node 6,525 is the
lowest); the stress levels at these locations should be zero. This “phenomena”
occurs due to the nodal averaging process that ANSYS uses when solving the
“element matrix” equations. Nodal averaging is when the stresses are calculated by
averaging the stress contributions from all the elements connected to a particular
node. Since there is a fillet (rounded edge [0.5 mm radius]) where these stress
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concentrations are occurring, it can be inferred that they exist due to the inability
of the selected elements to match the part’s geometry. This can also be seen where
a coarser mesh was used at the end of the “stud” on Link 3 (Figure 6.17), where the
actual part is round along the edge but the mesh is represented by a dodecagon.
One way to check the strength of the part at that particular location was to
think of the stud as a bolt being sheared. This would be a fast and simple way to
check whether or not the part would fail; granted, this would not tell where the
greatest stress concentrations would exist, but at least it would be a good indicator
of the strength. As calculated by Equation 6.3, there would be approximately 56.63
MPa shear stress perceived by the “stud”. This is much less than the shear
strength of 331 MPa for the Aluminum 7075-T6.
τ =
4 · F
pi · d2bolt
(6.3)
Where τ is the shear force/strength (depending on what you are looking for), F is
the perpendicular force exerted on the “bolt”, and dbolt is the diameter of the
stud/bolt. Another way to see if the link would fail is to calculate its shear
endurance limit; this gives a more accurate estimation of the part strength under
cyclic loading (part of the FEA design criteria). As calculated by Equation 6.4 [53]
the shear endurance limit is
Sse = 0.50Se, (6.4)
but more accurately (through the distortion-energy theorem), Equation 6.5 will be
used [53].
Sse = 0.577Se, (6.5)
where Sse is the shear endurance limit (MPa) and Se is the material’s standard
endurance limit/fatigue strength (MPa). For Aluminum 7075-T6, the shear
endurance limit is 118.3-138.5 MPa at 107 cycles. The maximum shear calculated
for the “stud” was 56.63 MPa; this is at most 45.3% of the allowable stress,
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Figure 6.18: Modified Link 3 to add strength and reinforce the gearhead shaft.
therefore, the Link 3 is capable of withstanding the forces exerted on it through
everyday use. With the FEA complete for the crucial components, the links and
associated components were ready to be machined and assembled. The next section
details some of the minor last-minute modifications and the final assembly of the
prosthesis.
6.4 Final Link Design and Assembly
Upon completion of the FEA, several modifications/additions to the
prosthesis’ design were implemented. Since the gearhead shaft was to have a slot
milled in it to mount the spring to LINK 3, Link 3 was altered such that it would
reinforce the shaft (Figure 6.18); this essentially provided a larger shaft diameter to
work with. While adding only a slight amount of mass to the prosthesis, this
modification provided extra strength to the assembly such that the gearhead shaft
would not shear when tested (run through a gait cycle). This new Link 3 was then
secured to the gearhead shaft using a roll pin and Loctite; a 1
8
” slot was then cut (at
an angle that would ensure that the initial preload was achieved) down through the
added material of Link 3 and the shaft to the exterior face of Link 3. This slot
provided an adequate way to mount the inner tab of the spiral torsion spring to the
prosthesis.
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Figure 6.19: Mount that connects the spiral torsion spring to Link 0.
The next step was to mount the spring to Link 0 (l0). This was accomplished
through the use of the “spring mounting block”. Because there are several “initial”
angles (manufacturing inconsistencies) for the ten spiral torsion springs, this
mounting block (Figure 6.19) was designed such that it would provide the correct
initial preload when used with one set of springs with the same “initial” angle (Set 2
[labeled on the exterior of the spring]).
The last part modification before assembly could begin was to cut a 1
8
” slot
down the back side of the pylon acceptor portion of the pylon sleeve (Figure 6.20).
This compression slot allows the pylon sleeve to be clamped securely to the pylon.
A 3
16
” hole was also drilled at the bottom of this slot to reduce stress concentrations.
With the drill holes tapped, assembly took less than half an hour; the most
time consuming aspect was mating the motor with the gearhead. The pinion gear
had to be clamped to the motor shaft at a distance of 0.047 inches from the flange
with a torque of 10 lb · in. Aligning the pinion gear with the gearhead took several
attempts due to the low backlash (they needed to be perfectly aligned). Once the
motor and gearhead were mated, the rest of the assembly process took less than five
minutes. The completed prosthesis can be seen in Figure 6.21 and 6.22 (more can
be seen in Appendix B). The reason that the prosthesis is “tilted” backwards is
that this is its “relaxed” state (i.e., there is no load provided from the spring or
motor in this configuration). For a full set of the final link dimensions and
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Figure 6.20: Link 3 with machined slot.
photographs see Appendix D.
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Figure 6.21: The prosthesis fully assembled mounted to the bench testing foot plate with
the testing “pylon” in the pylon sleeve.
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Figure 6.22: The prosthesis fully assembled mounted to the bench testing foot plate with
the testing “pylon” in the pylon sleeve.
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CHAPTER 7
Prosthesis Bench Testing
Although similar to the testing performed on the preliminary prototype
prosthesis, the preparations and bench testing of the new prosthesis does vary
slightly. The major differences come from the controls (model and implementation)
discussed in Section 7.1; these differences are due to the use of the new positioning
controller, motor and gearhead, and encoder. This chapter will discuss the revamped
control model, the new components used for controlling the system, the actual
testing of the prosthesis, the positive and negative outcomes and their implications.
7.1 Prosthesis Controls
The general operation of the prosthesis (how the prosthesis is actuated
[velocity in; torque out]) remains largely unaltered. The ability to operate the
prosthesis in this manner is where the differences in the controls from the previous
bench testing arise.
Because the Maxon EPOS2 servo amplifier was implemented, all of the
conversions within the Simulink model had to be updated. Also, unlike the Yaskawa
controller used for the prototype’s testing, a torque to voltage conversion was not
readily available and had to be “derived”. Because this conversion had to be
“derived”, the system was actually calling for the highest possible voltage when the
encoder read zero counts; the system did behaved as expected once in motion. This
discrepancy was resolved through the introduction of “If” and “If Action
Subsystems” into the Simulink model (Figure 7.1). The rest of the model remained
the same with the exception of the elimination of the analog inputs
(difficult/impractical to implement using the new hardware) and changing the gains
to correspond to the new optimization b value, encoder count value, and gearhead
reduction ratio. Equations 7.1, 7.2, and 7.3 are the torque to speed, speed to torque,
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and speed to voltage conversions “derived” respectively. These were all derived
through the conversions and maximum torque, velocity, and voltage specifications
provided in the Maxon product catalogue. Figure 7.2 depicts the subsystems where
these are implemented within the Simulink model through the use of “Function”
(polynomial) blocks. The reason that the desired torque is converted to a velocity
and then to a voltage is that the EPOS2 is most easily controlled through a velocity
mode (“Velocity Profile Mode”) which utilizes the velocity/voltage relationship
presented in Equation 7.3 (this was programmed through the EPOS Studio 1.42
software).
ϕD[rpm] = 7, 600[rpm]− 3, 040[
rpm
N ·m
] · τD[N ·m] (7.1)
τ [N ·m] = 2.5[N ·m]−
1
3, 040
[
N ·m
rpm
] · ϕ[rpm] (7.2)
VD[volts] =
1
158
[
volts
rpm
] · ϕD[rpm] (7.3)
Where ϕD is the desired velocity given a desired torque τD, and VD is voltage
corresponding to ϕD. This desired voltage was then reduced by a factor on 100 due
to the dSPACE board voltage limitations; the value sent was then multiplied by a
factor of ten at the control unit (only ten because the dSPACE board automatically
amplifies the signal by a factor of ten before sending it).
The Maxon EPOS2 controller can be programmed to run on one of several
different modes. Because the velocity/voltage conversion was readily available, the
“Velocity Profile Mode” was chosen as the most effective means control the motor
and transmit the desired voltage. Due to the reduction of the output voltage
previously mentioned, the controller was programmed to multiply the input voltage
by 1,580 to get the desired velocity, and therefore torque. The controller also had to
be programmed to “ignore”/“overlook” an error code that arises from not having
the hall-sensor cable hooked up (not needed since a brushed motor is used); this had
to be done to “enable” the EPOS2 controller without having to clear the code using
the Studio 1.42 software. One of the digital inputs (“DIGIN1”) was programmed
such that it could be connected to the 24 volt power supply and switch and act as
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Figure 7.1: Prosthesis bench testing Simulink main model.
a) b)
Figure 7.2: Prosthesis bench testing Simulink subsystems: a) Main Subsystem b) Con-
version Subsystem.
the enabe/disable function for the EPOS2 controller; the Analog1 input was
programmed to accept the voltage demand value sent from the dSPACE board.
These were configured using the EPOS2 Studio 1.42 software; an advantageous
aspect of this controller, is that the parameters are saved to the EPOS2 controller,
and it can then run independently of the programming software.
While the Simulink model and the controller program build the backbone of
the controller system, the ControlDesk software is the main user interface to which
they are implemented. Within the ControlDesk workspace, one can change gain
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Figure 7.3: ControlDesk Workspace Main Control tab.
values, constants, polynomial coefficients within the Simulink model, as well as start
and stop the experiment; when the experiment is stopped all of the changed values
return to the values from the model. ControlDesk does not change the Simulink
model; it merely has the ability to change the values that has been “built” into it
from the model. It can also record all of the information/data from the Simulink
model as the tests are performed. Figure 7.3 shows the “Main Control” tab of the
user interface used to control the prosthesis through the bench testing. How to use
the ControlDesk interface for this bench testing can be seen in the Bench Testing
Protocol appendix (Appendix A).
While the new controller is quite advanced, there is no “easy” way to obtain
the encoder signal directly (this is the input to the Simulink model). None of the
digital outputs are capable of being configured to relay this information, and thus
the hardware had to be modified. The encoder cable/ribbon was then spliced near
the EPOS2 controller (allows the prosthesis to be operated at a greater distance).
For the prototype testing, a hand-made encoder cable was used and proved to work
well; it was then modified such that it could be used with this control system as
well. With the controls and assembly complete, the next step was to get it tested at
MSOE (Milwaukee School of Engineering).
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Figure 7.4: The new prosthesis in the MSOE bench testing apparatus before the dis-
placement sequence was implemented.
7.2 MSOE Bench Testing
Prior to testing at MSOE, modifications were made to the testing apparatus
in order to accommodate the new prosthesis. “Rails” were added to the test stand
(where the foot plate is attached); these provide a defined revolute joint for the foot
plate to rotate about (Figure 7.4). Several of these joints were made available such
that the stand can be used to test a range of prostheses’ sizes and displacement
protocols. Figure 7.4 shows the prosthesis mounted in the MTS bench testing stand
(more photos can be seen in Appendix B).
As with previous tests performed on the prototype prosthesis, a “dry” run of
the displacement commands was conducted. This “dry” run simply implements the
displacement commands without the prosthesis attached; this is done as a
precautionary step to ensure that the MTS machine moves as expected. With a
successful dry run completed, the prosthesis was secured in the testing stand and
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Figure 7.5: Picture of the MTS Machine with Joint “Kicked” Out (taken from video of
the bench testing).
the first test was conducted.1 The MTS machine ran through its displacement
sequence properly, but the joint located at the end of the ram “kicked” out (rotated
backwards [towards the rear of the prosthesis] Figure 7.5) during the tests. Upon
review of the video taken of the tests, it was seen that the torque created by the
prosthesis was rotating that joint as the MTS ram displaced down. Two more tests
were conducted, each having the same end result. For the last two tests, it was
decided to keep the motor and control system disabled to prevent damaging the
components; these tests were performed to see if it was possible to obtain a clean
trial. After realizing that proper testing could not be accomplished with the current
setup, discussions ensued about possible modifications that could be made to ensure
proper testing could be achieved (these will be discussed in the next section).
Although the bench testing was not as successful as desired, many important
implications were realized.
1Note: For step-by-step bench testing protocol see Appendix A.
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Prostheses Reaction Force Poly−Fit
Prostheses Reaction Force Data
Motion Simulation Reaction Force
Motion Simulation Reaction Force (Spring Only)
Figure 7.6: Reaction Force Comparison for the New Prosthesis (spring only/motor turned
off). Prosthesis Reaction Force Data Fit with a Polynomial of Order 10.
7.3 Testing Results and Implications
The MSOE bench testing, while not a complete success, did provide an
insight into the prosthesis’ capabilities, and also aided in the validation of the work
done throughout the design process. The only thing that wasn’t able to be fully
tested was the controls and how effective they are in providing the desired moment.
Since the MTS’s force transducer only records data axially (vertically [±
y-direction]), the forces recorded were only a fraction of the forces “felt”/produced
by the prosthesis. An example of these forces compared to those anticipated
(motion simulation data) can be seen in Figure 7.6 (blue line). The data used to
create the plot was from one of the trials where there motor had been turned off. As
seen the prosthesis was capable of producing ∼ 860 N in the vertical direction; this
value was recorded when the prosthesis was “pushing” slightly off axis. What this
means is that with the spring alone and exerting its force slightly off axis, the
prosthesis was capable of producing ∼ 80.1% of the desired vertical reaction force.
The fact that the prosthesis “held up” (no part failures) implies that this
prosthesis may be ready for human testing upon completion of further bench testing.
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None of the components appear to be damaged, and are all in working condition. A
rough estimate from the angle measured from careful examination of the video of
the testing (∼ 20◦ of rotation by the MTS joint) allowed for the calculation of a
force of ∼ 915.2 N produced by the prosthesis. While only ∼ 85.3% of the expected
value, this was expected to be low because of the missing input from the motor.
Because the data obtained from the bench testing was taken while the motor
was turned off, a second motion simulation was run to replicate ideal circumstances
without an input of torque from the motor and gearhead. In the simulation
environment, the b value was set to zero and the new simulation was solved. The
vertical reaction force for the “spring-only” simulation were then recorded (Figure
7.6 [green line]). This new simulation showed that the bench testing was capable of
producing ∼ 93.3% of the new expected vertical reaction force. If the ∼ 20◦ of
rotation by the MTS joint is accounted for, the prosthesis is the within ∼ 1% of
achieving the desired force. Although the prosthesis was tested without the input
from the motor, its ability to closely match the motion simulation’s trajectory
(green line Figure 7.6) is significant.
Because the MTS machine is more stable when it “pulls” (i.e., displaces in
the positive y-direction [up]), the new testing apparatus should be designed such
that the top of the prosthesis is fixed in space (somehow mounted to the MTS
testing structure) and the foot plate bracket would then be displaced by the MTS
ram. The displacement commands would then have to be multiplied by a factor of
negative one to retain the proper motion profile. A conceptual diagram of the test
stand can be seen in Figure 7.7. This new testing apparatus/stand would then
decrease the amount of instability in the bench testing and allow for more
meaningful results to be procured.
The major downfall to this bench testing set back is that the controls were
not able to be accurately tested, and the time to design and manufacture the new
test stand is time lost due to an unforseen hardware stability issue.
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Figure 7.7: Conceptual drawing of the proposed new test stand.
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CHAPTER 8
Results and Conclusions
Prosthetic legs have been around for centuries, but none have yet to restore a
true normal gait to a transtibial amputee. Since the transtibial amputation is the
most commonly performed major limb amputation, tens of thousands of people each
year are forced to become reliant on prostheses that cannot amply mimic the human
ankle. Because there is no commercially available active prosthesis, all of these
amputees (the ones who choose/are able to wear a prosthesis) are fit with passive
prostheses.
While these passive prostheses allow the transtibial amputee to once again
become mobile, many (if not all) limit the wearer’s cadence and choice of activities.
These passive prostheses are capable either of allowing the amputee to perform low
impact levels of ambulation (i.e., walking, sitting, standing, etc.) or high impact
endeavors such as running, but none possess the ability to do both. Even those that
are capable of allowing an amputee to ambulate still cannot produce the required
ankle moments necessary for restoring normal gait; this occurs because the human
ankle produces more energy than it absorbs. For this reason, it is believed that
active components are essential to the restoration of normal human gait.
The goal of this research was the mechanical design of a prosthesis that could
be tested on human subjects (capable of withstanding the gait of a typical
transtibial amputee, as well as providing the necessary ankle moments for the stance
phase of gait). The controls were not fully derived, as these will be thoroughly
investigated in future research. They were, however, developed for the portion of
gait from 6-60% (foot-flat through toe-off [stance phase]). Previous optimizations
and prototype testing showed that, through the use of a motor and torsion spring
combination in conjunction with a four-bar mechanism, normal ankle moments
could be achieved for this portion of gait.
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Because the preliminary prototype had been successfully bench tested but
was not intended for human use, a new/modified design was necessary. The
optimizations were revisited and the bounds on the parameters were modified to
reflect practical values (normalized to the kilogram) for a typical transtibial
amputee. Once the torque and velocity requirements were found, motor and
gearhead combinations were pursued. A 50:1 right angled gearhead mated with a 48
V brushed DC motor was then determined to be the most adequate solution for the
torque input and for future application (ability to be portable for human testing).
After the link lengths were determined, preliminary designs were created
using CAE modeling software. The designed links and related components then
underwent a dynamic/motion simulation (similar to that in which they would be
bench tested) to determine the reaction forces to which they would be subjected.
These reaction forces then became the inputs for the finite element analysis of the
parts. The components were to be designed such that they would not fail under
cyclic loading (107 cycles), i.e., they were designed to be under the fatigue strength
of the material. Through the FEA process, link geometry was refined, and the
material to which they would be machined from was decided upon.
The parts were then machined, and the prosthesis was assembled once the
spiral torsion springs were designed and manufactured. While the components of
the prosthesis were being fabricated, the controls used to test the preliminary
prototype were modified to incorporate the new motor and servo amplifier. These
new controls will eventually need to be reworked such that the instability of the
system is resolved.
This research was also a success in that it was capable of achieving the goals
pertaining to weight, size, and range of motion. The newly designed prosthesis
almost fully fits within the same working envelope of a non-amputated lower limb.
With a reduction of over 53.6% in mass from the prototype to the new prosthesis, it
weighs only 2.23 kg despite an increase of ∼ 13.6 kg of the wearer to which it was
designed (it is now designed for a 86.36 kg amputee). The prosthesis also has an
increased range of motion (ROM) from ∼ 30◦ → ∼ 60◦ plantar flexion and ∼ 5◦ →
∼ 20◦ dorsiflexion; this provides a range of motion similar to that of the normal
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human ankle. The increase in ROM is a large benefit over current prostheses either
commercially available or still being researched; this is largely due to the versatility
and design capabilities attributed to the use of the four-bar mechanism.
Bench testing ensued shortly after the prosthesis was assembled. While
optimal testing was not achieved, relevant results were obtained. Because the
prosthesis kept “kicking” out the MTS’s joint, the motor and controls were disabled
to prevent damage. A few more tests were performed using only the torsion spring
as the torque input. Even though the vertical reaction forces were slightly off axis
and the motor contributed energy into the system, the prosthesis was still able of
producing 80.1% of the desired reaction force; this in itself was a great success, and
as see in Figure 7.6 the reaction force profile follows that which is expected. The
prosthesis’ ability to match ∼ 93.3% of the second motion simulation’s/desired
vertical reaction force is substantial evidence that this prosthesis could potentially
restore normal gait to transtibial amputees. Another aspect of this experience that
proved useful was that, although the testing did not yield the desired results
(achieve the values expected), all of the components of the prosthesis remained
unscathed. This meant that the work performed through the dynamic and finite
element analyses showed merit and was for the most part validated.
Contributions and Attributes
Although the work outlined in this thesis does not develop a fully functional
transtibial prosthesis, it does take the research one step closer to providing a
solution to restoring normal gait to transtibial amputees. Some of the major
contributions of this work are listed below.
• A process to design a transtibial prosthesis was presented (i.e., optimization,
preliminary design, motion simulation, finite element analysis, etc.).
• A “theoretical” standard for the bench testing was derived through
implementation of WDS in the motion simulation.
• The new prosthesis increased the range of motion (over the proof-of-concept
prototype) from 30◦ → 60◦ plantar flexion and from 5◦ → 20◦ dorsiflexion.
• The prosthesis achieved its design criteria; it was strong, light weight, and
small.
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Because the prosthesis cannot be properly tested in the current apparatus, a
new test stand must be designed and fabricated before the prosthesis can be bench
tested again. Upon completion of successful bench testing trials, new controls and
sensors must be implemented into the system in order for the prosthesis to be tested
on human subjects. The next chapter outlines potential work that can be done to
improve the current design, as well as suggest a foot design that would integrate
dynamic sensors into the system.
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CHAPTER 9
Future Work
The first and foremost work that needs to be completed on the prosthesis is
to get the new bench testing stand designed and machined. Before the prosthesis
can be tested on human subjects, it must first successfully complete the bench
testing and have a full set of control algorithms that encompass the entire gait cycle.
The prosthesis will also have to be able to “predict” and adjust to the user’s intent;
this can be implemented through the introduction of set dynamic sensors that relay
information back to the control system. This chapter outlines future work that may
be taken into consideration to better the current prosthesis for future iterations.
9.1 Potential Weight Reduction Options
It is believed that lighter and smaller is better when it comes to designing
transtibial prostheses. If the mechanical components are small and light enough,
one may be even be able to integrate the control system and power supply into the
prosthesis’ design (as opposed to wearing a belt containing these components).
9.1.1 Gearhead Weight Reduction
The gearhead turned out to be the heaviest component in the prosthesis.
While the CGI gearhead used in the current design was a modified version of one of
their “off-the-shelf” models, a fully customized gearhead could be considered. The
housing could be potentially made out of a titanium or aluminum alloy, which
would drastically reduce the overall weight of the gearhead. Ceramic gears may also
be implemented to further reduce its mass. Also, the current gearhead is a
combination of planetary and bevel gears (two-stage gearhead); if one could make a
gearhead with the correct reduction ratio but in a single stage configuration, it is
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believed that this would greatly reduce the weight of the prosthesis.
9.1.2 Low Plasticity Burnishing
Low plasticity burnishing (LPB) is a method of computed numerically
controlled (CNC) burnishing designed to produce a deep layer of highly compressive
residual stress with a minimum amount of cold work. LPB surface treatment is
applied using a conventional multi-axis CNC machine (or a robotic positioning
apparatus) to position the LPB tool and a LPB dual hydraulic control that “floats”
the burnishing ball with constant volume delivery of fluid, while separately
controlling the variable burnishing force synchronized with the tool positioning.
LPB has been shown to improve high cycle fatigue performance, damage tolerance,
corrosion fatigue, stress corrosion cracking, and fretting fatigue damage [49].
LPB also results in a 70% increase in the endurance limit of Aluminum
7075-T6 (increases it to 349-408 MPa at 107 cycles), and also increases the fatigue
life of the material at stress levels above this new endurance limit by two orders of
magnitude (one hundred times that of a solely machined surface) [48].
LPB, while still a relatively new process, would allow machined components
to be reduced in size, thus, resulting in an overall decrease in weight. This process
would also greatly increase the “longevity” (number of gait cycles)to which these
components could be subjected. Studies have shown that titanium could be possibly
used to reduce the size and weight of the prosthesis, with an endurance limit of >
700 MPa for 107 cycles (failure was actually never attained through the number of
cycles processed). [49, 54]. While earlier ascribed to be too heavy to justify use,
through the implementation of LPB, the amount of material that could potentially
be removed may prove beneficial.
9.1.3 Other Weight Reduction Options
Certain geometric changes may also allow for the reduction of weight in
machined components. Certain links (especially l1) has the potential to have
material removed, and in some cases links have the potential to be hollowed in
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select areas. This was actually done on the pylon sleeve by the machinist, and
proved to be extremely advantageous. Also, to add strength and further reduce
material, the Link 0 support and cross member could be machined as one solid part.
It is also believed that carbon fiber possesses great potential in the
construction of such prostheses’ components. The major concern with using carbon
fiber would be in the orientation of the fibers such that they could provide the
required strength in all directions. This is one area of the research that should be
greatly considered for future work.
9.2 Controlling for the Entire Gait Cycle
Because the goal of this research was not to fully develop the controls that
would encompass the entire gait cycle, this is a necessary area of research that needs
to be completed prior to testing the prosthesis on any amputees. This area of the
research will likely have to rework the controls for the 6-60% portion of gait, as
these (as currently configured) are unstable. The controls may even take on a
“mode-switching” aspect similar to those used by others performing similar research.
The controls will also have to incorporate much more data collected by
potential sensors discussed in the next section. Since the prosthesis will have to
“know” the location (angle) of the foot, instead of the incremental encoder used for
the bench testing, an absolute encoder may be useful for the design of the control
algorithms. This would decrease the computational necessities of the system, as the
number of counts would not have to be recorded and then recalled for positioning
the foot. Another option for the positioning of the foot will be introduced in the
next section. The controls and power supply will eventually need to be wearable
(portable), and thus microprocessors and battery packs need to be investigated for
the implementation of these algorithms because, as currently implemented, they are
executed through the use of a PC and dSPACE board.
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9.3 Possible Foot Design Considerations
There are several aspects of the foot/foot plate design that need to be
contemplated before it can be incorporated into the system. As discussed in
Subsection 1.2.1, the foot should be designed to be capable of a smooth (non jarring)
transition to foot-flat while still possessing the rigidity (stability) to prevent the
user from feeling a sense of loss of balance. The foot will also have to incorporate a
variety of dynamic sensors that will be able to accurately relay to the controls what
the user is doing, and also predict what their intent is for the next step.
9.3.1 Potential Materials
While many materials that exist could potentially provide the transitions
and stability desired, much research has already been performed to develop such
materials; it’s just the implementation and proper location of these materials that
needs to be expanded upon. Amputee weight and mobility must be taken into
account when designing the foot. Since the average transtibial amputee weighs
180-200 lbs and the original intent was to design for K3 and K4 ambulators, these
should be used as the foot design criteria.
For a cushioned transition through heel-strike into foot-flat, it is suggested
that a relatively stiff (due to the design weight of the amputee) SACH material be
used at the heel. To keep the foot rigid and provide a smooth transition through
toe-off, a carbon fiber foot plate would be employed (Figure 9.1). This combination
of materials would need to be optimized for the wearer’s weight and foot length,
such that, the heel deforms in a comfortable manner and the foot plate rolls through
toe-off.
9.3.2 Potential Sensors and Locations
There are many possible configurations of types of sensors and sensor
locations that could be implemented; the one proposed is only an example, but the
final sensor configuration will be left up to the person that ends up designing the
control system.
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Figure 9.1: Proposed new foot concept: material and sensor locations.
The positioning option referred to in the previous section entails the use of
an angular displacement sensor located at Joint A (Figure 3.1), which would then
be used in combination with the incremental encoder. Because the the number of
counts per revolution is known for the encoder, the change in angle at Joint A
would be calculated to correspond to a certain number of counts. Thus,
repositioning the foot from toe-off to heel-strike would relate to a particular number
of counts as read by the encoder. This method would be used for other ankle angles
as well; the sensor at Joint A would simply be used for positioning alone. While this
configuration would work, it will not be discussed in the proposed arrangement due
to its more complex computational demands.
Proposed Sensor Arrangement
The locations depicted in Figure 9.1 are the locations which are made
reference when discussing the proposed sensor arrangement and implementation; the
sensor numbers correspond to the location number where they will be integrated
into the foot. In the following proposal, seven sensors will be used to retrieve data
from the prosthesis and user; four force transducers, two accelerometers, and one
absolute encoder will be put into practice.
Locations 1 and 2 would possess force transducers that measure the normal
force (typically vertical/y-direction), and Locations 3 and 4 would have force
transducers that measure reaction forces in two axes (forward/backward [±
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x-direction] and vertical [± y-direction]). Location 5 would have an accelerometer
that measures in the ± y-direction, and the sensor at Location 6 would measure
acceleration in the ± x-direction. The absolute encoder would take the place of the
incremental encoder currently in use. It would be used to measure ankle angle
(angle at Joint A [Figure 3.1]), as well as control the torque provided by the motor.
The list below explains the reason each of the sensors has been proposed.
• Sensor 1: Determines when heel-contact begins in forward ambulation and
heel-off occurs in backwards walking.
• Sensor 2: Determines when foot-flat phase either begins or ends, depending on
direction of ambulation; it therefore, determines when heel-strike ends or
heel-off begins. It is also used in combination with Sensor 3 for standing still
(keeping the ankle at ∼ 90◦).
• Sensor 3: Determines when foot-flat phase either ends or begins, depending on
direction of ambulation; it therefore, determines when toe-off begins or
toe-strike ends. It is also one of the sensors that determines direction of
ambulation because in forward walking the pull begins from approximately
this location. (Sensors 1 and 2 are uniaxial because provide little forward
motion, as they occur during the “fall” portion of gait. In backwards
ambulation the “push” comes from the ball of the foot ∼ location of Sensor 3,
therefore, direction of ambulation is already established.)
• Sensor 4: Determines when toe-off occurs in forward ambulation and
toe-strike begins in backwards walking. It is also used for determining the
direction of ambulation.
• Sensor 5: Used to aid in gait pattern recognition (speed of walking/running).
While a force sensor could be used (because a larger force would be exerted),
it may be “deceived” if the person were carrying a load (extra mass beyond
normal body weight).
• Sensor 6: Is used as more of a safety device than anything else (prevent
unwanted motion incase of an emergency). This accelerometer would sense
whether the wearer stopped fast, and would temporarily disable the device
until a signal from another sensor was then processed.
For the most part these sensors would operate in series; as one sensor is
activated it would remain active until the next was activated, with the exception of
Sensors 2 and 3. With Sensors 2 and 3, the sensor that was activated first in the
sequence would remain on slightly longer after the other was turned on; this is a
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check to see if the individual was standing still. If both sensors were active for a
certain duration, then the prosthesis would remain at approximately 90◦.
As each of the sensors is activated, it would switch the control algorithms to
correspond to the appropriate phase of gait (and possibly the speed as well). For
example, in normal forward walking, the sensors would be activated a sequence of:
Sensor 1 → 2 → 3 → 4; the sequence would be reversed if backward walking was
sensed. As one can see, Sensors 5 and 6 were not activated; this is because the
individual was walking at a normal speed and did not encounter any unexpected
obstacle. An example where Sensor 6 might be activated, is if the wearer was
walking forward the same as before but now has to stop suddenly to avoid being hit
by a vehicle. The sensors would be sequencing the same as previously mentioned,
but when the wearer stops suddenly, the accelerometer (Sensor 6) would send a
signal to temporarily disable the prosthesis. This would prevent the prosthesis for
propelling the wearer into the moving vehicle.
As stated earlier, this is just one possible configuration of many that may
prove as an effective sensor configuration. There is much more that can be said
here, but for now, hopefully this will give the next person to take over this research
a few ideas on the direction to where it’s headed.
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APPENDIX A
Prosthesis Bench Testing Protocol
1. Align the prosthesis in the MTS testing apparatus such that the line of action
coincides with the “triangle” used for calculating the the displacement profile
sequence to be implemented.
2. Once the prosthesis is properly attached to the MTS machine (prosthesis still
in its “relaxed” [not compressed] state), zero the force transducer.
3. Displace the MTS ram such that l0 and l1 are ∼ 90
◦ to each other (93◦ is best).
4. Make this location the “zero displacement” point in the MTS controls, i.e.,
zero the MTS’s displacement at this time.
5. Connect the motor and encoder cables from the EPOS2 to the motor and
encoder.
6. From the EPOS2, connect the encoder cable (hand-made) to the “Inc1” port
on the dSPACE board, and connect the analog input cable to the DACH1
port.
7. Power up the computer, and open “Prosthesis 3” in Simulink and ControlDesk.
8. Turn the “Control Board” (the wooden platform with all of the components
mounted to it) on (depress the e-stop button).
9. In Simulink, press Ctrl+B to “build” the model. This sends the parameters to
the ControlDesk interface.
10. Make sure that the “Main Control” tab is displayed in the ControlDesk
workspace, and click the “Animation Mode” button (the clock should already
be running if done correctly).
11. When ready to proceed, select the “On” button in the “On/Off” window
located in the “Main Control” tab. Note: the “0” in the lower left display
should have changed to a “1” at this point.
12. As the MTS “zeroing” sequence reaches 25 seconds, click “Start” in the
“Capture Settings” window (PPC-prosthesis 3-HostService). One may have to
click and drag the right border of the “Main Control” tab window to make the
“Capture Settings” window visible. This begins taking the data captured
through the dSPACE board.
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13. Directly after the data begins to record “enable” the EPOS2 by flipping the
“Servo On” switch (located on the “Control Board”) to “ON”. Doing so,
allows information to pass between the motor/encoder, the EPOS2 control
system, and the RTI programs.
14. Immediately after the MTS runs the displacement sequence, flip the “Servo
On” switch back to “OFF” to prevent damaging motor and gearhead.
15. Back in ControlDesk, Hit the “Stop” button in the “Capture Settings”
window.
16. In the same window, select the “Save” button, and save the data in a desired
location with an appropriate name. The data can either be saved as a
“MATLAB Binary” (.mat) file or as a “Comma Separated Value” (.csv) file;
the .csv version is the best choice for eliminating extraneous data and data
manipulation.
17. After saving the data, select the “Test Mode” button, and then hit the stop
button to the left (all done within ControlDesk).
18. All of the values in ControlDesk will be reset to the Simulink model’s
parameters once the program has been “stopped” and then “played” again.
Note: “play” must be hit prior to entering “Animation Mode” for the next
trial.
19. Repeat steps 10-18 to run the next trial.
20. NOTE: In case of an emergency, hit the e-stop button on the
“Control Board” (the big red button).
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APPENDIX B
Prosthesis and Rapid Prototype Photographs
B.1 Prosthesis Photographs
B.1.1 Completed Prosthesis
Figure B.1
110
Figure B.2
111
Figure B.3
112
Figure B.4
113
Figure B.5
114
Figure B.6
115
Figure B.7
116
Figure B.8
117
Figure B.9
118
Figure B.10
119
Figure B.11
120
Figure B.12
121
Figure B.13
122
Figure B.14
123
Figure B.15
124
B.1.2 Completed Prosthesis in Testing Stand
Figure B.16
125
Figure B.17
126
Figure B.18
127
Figure B.19
128
Figure B.20
129
Figure B.21
130
Figure B.22
131
Figure B.23
132
Figure B.24
133
B.2 Prosthesis Part Photographs
Figure B.25: Link 1
134
Figure B.26: Pylon Sleeve
135
Figure B.27: Link 0 Cross Member
136
Figure B.28: Link 0 Support
137
Figure B.29: Modified Link 3
138
Figure B.30: Link 3
139
Figure B.31: Link 2
140
Figure B.32: Spiral Torsion Spring
141
Figure B.33: Link 0 Inner Flange
142
Figure B.34: Link 0 Outer Flange
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APPENDIX C
FEA Plots
C.1 Link 0 FEA Plots
C.1.1 Outer Flange FEA
Figure C.1: Elements
144
Figure C.2: Elements
145
Figure C.3: Loading and BC’s
146
Figure C.4: Deflection
147
Figure C.5: von Mises Stress
148
Figure C.6: von Mises Stress
149
Figure C.7: von Mises Stress
150
Figure C.8: z-direction Stress
151
Figure C.9: y-direction Stress
152
C.1.2 Inner Flange FEA
Figure C.10: Elements
153
Figure C.11: Loading and BC’s
154
Figure C.12: Deflection
155
Figure C.13: Deflection
156
Figure C.14: von Mises Stress
157
Figure C.15: z-direction Stress
158
Figure C.16: y-direction Stress
159
C.1.3 Link 0 Inner FEA
Figure C.17: Elements
160
Figure C.18: Loading and BC’s
161
Figure C.19: Deflection
162
Figure C.20: von Mises Stress
163
Figure C.21: von Mises Stress
164
Figure C.22: z-direction Stress
165
Figure C.23: y-direction Stress
166
C.1.4 Link 0 Outer FEA
Figure C.24: Elements
167
Figure C.25: Loading and BC’s
168
Figure C.26: Deflection
169
Figure C.27: von Mises Stress
170
Figure C.28: von Mises Stress
171
Figure C.29: z-direction Stress
172
Figure C.30: y-direction Stress
173
C.2 Link 1 FEA Plots
Figure C.31: Elements
174
Figure C.32: Loading and BC’s
175
Figure C.33: Deflection
176
Figure C.34: Deflection
177
Figure C.35: von Mises Stress
178
Figure C.36: von Mises Stress
179
Figure C.37: z-direction (top) and y-direction (bottom) Stress
180
C.3 Link 2 FEA Plots
Figure C.38: Elements
181
Figure C.39: Loading and BC’s
182
Figure C.40: Deflection
183
Figure C.41: von Mises Stress
184
Figure C.42: von Mises Stress
185
Figure C.43: z-direction Stress
186
Figure C.44: y-direction Stress
187
Figure C.45: Elements
188
Figure C.46: Loading and BC’s
189
Figure C.47: Deflection
190
Figure C.48: von Mises Stress
191
Figure C.49: von Mises Stress
192
Figure C.50: z-direction Stress
193
Figure C.51: y-direction Stress
194
C.4 Link 3 FEA Plots
Figure C.52: Elements
195
Figure C.53: Loading and BC’s
196
Figure C.54: Deflection
197
Figure C.55: von Mises Stress
198
Figure C.56: von Mises Stress
199
Figure C.57: z-direction Stress
200
Figure C.58: y-direction Stress
201
Figure C.59: Elements
202
Figure C.60: Loading and BC’s
203
Figure C.61: Deflection
204
Figure C.62: von Mises Stress
205
Figure C.63: von Mises Stress
206
Figure C.64: Stress Peaks/Concentrations
207
Figure C.65: z-direction Stress
208
Figure C.66: y-direction Stress
209
C.5 Pylon Sleeve FEA Plots
Figure C.67: Elements
210
Figure C.68: Loading and BC’s
211
Figure C.69: Deflection
212
Figure C.70: von Mises Stress
213
Figure C.71: von Mises Stress
214
Figure C.72: z-direction Stress
215
Figure C.73: y-direction Stress
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APPENDIX D
Prosthesis Link Drawings
D.1 Link 0 Drawing
Figure D.1: Cross Member
217
Figure D.2: Inner Flange Back
218
Figure D.3: Inner Flange Front
219
Figure D.4: Inner Flange Left
220
Figure D.5: Inner Flange Right
221
Figure D.6: Inner Flange Right
222
Figure D.7: Outer Flange Back
223
Figure D.8: Outer Flange Front
224
Figure D.9: Outer Flange Left
225
Figure D.10: Outer Flange Right
226
Figure D.11: Outer Flange Right
227
Figure D.12: Link 0 Support
228
D.2 Link 1 Drawing
Figure D.13: Bottom
229
Figure D.14: Right
230
Figure D.15: Top
231
D.3 Link 2 Drawing
Figure D.16
232
D.4 Link 3 Drawing
Figure D.17: Right
233
Figure D.18: Top
234
D.5 Pylon Sleeve Drawing
Figure D.19: Front
235
Figure D.20: Right
236
D.6 Bench Testing Foot-Plate Drawing
Figure D.21
